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SUMMARY
Atherosclerosis is a vascular degenerative disease leading to progressive thick-
ening in the intima of large and medium sized arteries through the formation of
plaque that is very rich with cholesterol. The cholesterol is carried by LDL (low
density lipoprotein) particles which pass through the endothelium and accumulate in
the intima. The passage of LDL is influenced by wall shear stress which activates
physiological responses of the endothelium. However, the causal relationship between
the physiological responses and their effect on LDL mass transport is not fully un-
derstood. To obtain blood flow patterns in human carotid arteries, a fluid structure
interaction (FSI) computational approach is employed, based on the in-vivo arterial
geometry constructed from black blood magnetic resonance images (BBMRI) and
flow rate boundary conditions obtained from phase contrast images (PC). Wall shear
stress (WSS) on the luminal surface is computed, and this variable is related to the
formation of leaky junctions, which is a major transendothelial pathway for LDL. A
model for the fraction of leaky junction at a surface is incorporated into the overall
computational scheme for mass transport, along with pore theory.
The theoretical model is applied to images from three human carotid arteries in
which the degree of disease ranges from mild to moderate. Maximum mass flux is
predicted to be in the downstream region of stenoses where WSS is low, and this
result is consistent with the clinical observation of plaque progression downstream
of the stenosis. The hypothesis that the majority of LDL enters into the intima
through leaky junctions is supported by observation of similar distributions between
the pattern of volume flux via leaky junctions and mass flux. These studies suggest
that mass flux of LDL can be a predictor to indicate areas with potential for plaque
xiv




1.1 Motivation for the Research
Atherosclerosis is a vascular degenerative disease leading to progressive intimal thick-
ening in large and medium sized arteries through formation of plaques that are rich
with cholesterol. Plaque rupture causes thrombosis which can precipitously block
blood flow carrying oxygen to critical organs. Due to its high incidence atherosclero-
sis is responsible for the highest rate of morbidity and mortality in Western Society.
Cholesterol, the major culprit in atherosclerosis, is carried by LDL (low density
lipoprotein) particles which pass through the endothelium and accumulate within the
intima. The passage of LDL is influenced by wall shear stress (WSS) which stim-
ulates physiological responses of endothelial cells via mechanotransduction mecha-
nisms. However, causal relationships between the physiological responses and LDL
mass transport are not fully understood.
This research is based on the hypotheses that atherosclerosis progresses at sites of
higher LDL accumulation and that the primary mechanism for LDL transport is re-
lated to the formation of leaky junctions between endothelial cells. Leaky junctions,
in turn, have been shown to be correlated with low WSS, so that LDL transport
is connected with the hemodynamic flow field through both convection-driven mass
transfer in the lumen and through biological interactions at the wall itself. Compu-
tational models are developed from in-vivo images of the left carotid artery of three
human subjects with varying degrees of atherosclerosis. Images were obtained from
the subjects under an IRB approved protocol at the Emory University Hospital uti-
lizing black blood magnetic resonance images (BBMRI) to obtain in-vivo geometry
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and phase contrast (PC-MRI) images for measuring blood velocity. These provide
subject-specific boundary conditions for computational fluid dynamics (CFD) mod-
eling, from which WSS is derived.
Experimental research shows that low wall shear stress increases the occurrence
of proliferation (mitosis) and death (apoptosis) of endothelial cells (ECs), and these
phenomena induce the formation of leaky junctions of gaps sufficient to allow passage
of macromolecules such as LDL. Previous studies have considered three pathways for
LDL transport: vesicular transcytosis, entry through normal junctions, and entry
through leaky junctions. In this study, we focus on the role of leaky junctions, which
have been shown to be the dominant pathway. We also examine the role of arterial
wall stresses through incorporating a fluid-solid interaction (FSI) modeling approach
and compare results to a rigid wall assumption.
1.2 Background
1.2.1 Atherosclerosis
The American Heart Association reports nearly 2400 Americans die of cardiovascular
disease (CVD) each day - an average of 1 death every 37 seconds. In 2008, an Amer-
ican will have a coronary event every 26 seconds, and about every minute someone
will die from such an event [72]. Atherosclerosis, the primary etiology of CVD, is a
vascular degenerative disease usually occurring in large and medium size arteries by
which blood is supplied to the critical organs such as brain or heart. In Fig. 1, the
occurrence of atherosclerosis in a left anterior descending coronary artery is demon-
strated. The reduction of blood supply by atherosclerosis can cause ischemia, and
myocardial infarction, or heart attack.
Epidemiological studies over several decades have revealed numerous risk factors
for atherosclerosis. Contributors to the development of atherosclerosis can be catego-
rized as factors with an important genetic component (e.g., family history), factors
2
Figure 1: An overview of a heart and coronary artery showing damage (dead heart
muscle) caused by a heart attack (A). A cross-section of the coronary artery with
plaque buildup and a blood clot (B)
that are largely environmental (e.g., smoking, high-fat diet), biochemical factors (e.g.,
lipids) and biomechanical factors (e.g., wall shear stress, cyclic mechanical strain, high
blood pressure). These causal factors induce endothelial pro-atherogenic dysfunction
that leads to inflammation and inflammatory responses. The endothelium, with its
intercellular tight junction complexes, has three important functions that are partic-
ularly relevant to atherosclerosis: (1) maintenance of a selectively permeable barrier
between blood and vessel wall, (2) ability to modify and transport lipoprotein into the
wall, and (3) provision of a non-adherent surface for leukocytes. Mechanical forces
(e.g., wall shear stress, cyclic mechanical strain) can influence endothelial function in
pro and anti-atherogenic ways, depending on their nature.
Mechanical forces are perceived by cellular mechanoreceptors, including G pro-
tein coupled receptors (GPCR), integrins, mitogen-activated receptors, etc, at the
endothelium surface membrane and mediated through adaptor molecules, a cascade
3
Figure 2: Mechanical forces stimulate endothelial cells through the activation of
mechanosensors which activate the signaling pathways [23]
of signaling pathways is triggered, finally activating the expression of genes and pro-
teins. Alteration of genes and proteins in response to mechanical forces regulates the
functional behavior of ECs in various ways, including proliferation, growth arrest,
inflammation and many others (Fig. 2).
Various mechanisms are related to the development of atherosclerosis and have
been summarized in the review by Lusis [55]. The important step of initiation in
atherosclerosis is the accumulation of low density lipoprotein (LDL) in the suben-
dothelial matrix. LDL passes through gaps formed by leaky junctions and it can re-
main in the intima through the interaction between the LDL constituent, apolipopro-
tein B (ApoB) and proteoglycan in the arterial matrix. In this retention, native LDL
is modified by reactive oxygen species (ROS) and transforms to oxidized LDL (ox-
LDL). Ox-LDL stimulates endothelial cells to produce a number of pro-inflammatory
molecules and inhibits the production of nitric oxide (NO) which controls vasorelax-
ation. Pro-inflammatory molecules, including adhesion molecules which are expressed
on the surface of ECs and chemotactic proteins such as monocyte chemotactic protein-
1 (MCP-1), facilitate the attachment of monocytes and movement into the artery.
Monocytes transform into macrophages in the subendothelial matrix, and the uptake
4
Figure 3: Fatty streaks consists of lipid-laden monocyte and macrophage which is
combined with oxidized low density lipoprotein (ox-LDL) and transforms to foam cell
[73].
of ox-LDL by macrophages leads these cells to change to foam cells. Foam cells,
macrophages, LDL and SMCs which are moved from the media into the intima are
sources of the formation of fibrous plaques.
Plaque formation leads to the loss of blood supply and can finally occlude the
lumen totally, or a plaque can rupture and cause formation of a thrombus. Al-
though advanced lesions can grow sufficiently large to occlude the blood vessel lumen
completely, the most important clinical complication is an acute occlusion due to a
thrombus which is associated with rupture or erosion of the lesion. In Fig. 4 A, a
specimen from endarterectomy of a carotid artery is presented, showing plaque de-
velopment in the outer wall of an internal carotid artery. In the cross section of this
sample (B and C in Fig. 4), two rupture sites stained red by movat and sirius stains
can be observed at this sample tissue.
The importance of genetic and environmental factors has been examined in many
family and twin studies. Within a population, the heritability of atherosclerosis has
5
Figure 4: Carotid artery [98]
been high in most study cases, frequently reaching 50%. Population migration stud-
ies, on the other hand, demonstrate clearly that environmental factors, including
behavior, explain much of the variation of disease incidence between populations [35].
Thus, the common forms of atherosclerosis come from the combination of genetic sus-
ceptibility and unhealthy environment. However, genetic and environmental factors
provide a systemic type stimulus, while atherosclerosis is a highly localized, heteroge-
neous disease predominantly occurring in the coronary arteries, carotid bifurcation,
and infrarenal abdominal aorta. Although much is known concerning the role of
hemodynamics in atherosclerosis, complete understanding of causative links between
biomechanical factors and arterial pathogenesis remains incomplete, in part because
of the substantial complexity of the highly transient, three-dimensional, biomechani-
cal environment within arteries. Current therapies for cardio vascular disease (CVD)
are directed at the revascularization of occluded blood vessels or the reduction of
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systematic risk factors related with atherosclerosis (e.g., hypertension, diabetes, dys-
lipidemia and smoking). These approaches have helped reduce morbidity of CVD,
but this trend is leveling off, suggesting that we still lack adequate information about
pathogenic mechanisms. The next major innovation in the prevention and treat-
ment of CVD must come from improving our basic understanding of the complex
biomechanical environment of the vasculature and the sequential influence upon the
pathological responses of the artery.
1.2.2 Wall Shear Stress
Clinical and postmortem anatomical research shows that atherosclerosis lesions tend
to be localized in specific sites such as the inner wall of curvature and the outer wall
of bifurcation (hip). In these regions the blood flow is disturbed by the occurrence of
secondary flow and formation of flow separation and recirculation [46]. This disturbed
flow accounts for variation of spatial and temporal wall shear stress, complicated
velocity profiles and particle pathlines. Hemodynamics is known to play an important
role in the pathogenesis of atherosclerosis, and particular interest has been focused
on wall shear stress (WSS), the hemodynamic force acting on the endothelial cell.
WSS is the product of the viscosity coefficient of blood and the velocity gradient at
the luminal surface.
Endothelial cells in straight tubular arteries, where blood flow is uniform and
laminar, are ellipsoid in shape and aligned in the direction of flow. However, cells
in regions of arterial branching or curvature, where flow is disturbed, have polygonal
shapes and no particular orientation [53]. Adhesion molecules (vascular cell adhe-
sion molecule (VCAM), intercellular adhesion molecule (ICAM), etc.), which help
inflammatory cells to be localized on the surface of the endothelium are more overex-
pressed when endothelial cells are exposed to oscillatory wall shear stress [20]. The
expression of VCAM is regulated by interaction with transcription factor, nuclear
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factor-kB (NF-kB), whose expression level in endothelial cells changes with disturbed
shear stress or laminar shear stress [61]. Bio X et al. [6] applied three different flow
profiles to endothelial cells and observed the response of platelet-derived growth fac-
tor A (PDGF-A) and monocyte chemoattractant protein-1 (MCP-1) on the different
shear stress patterns. In their research different patterns of shear stress, temporal
gradient in shear stress or steady shear stress, caused distinct cell responses. Reac-
tive oxygen species (ROS) is produced by NADPH oxidase when endothelial cells are
exposed to oscillatory shear stress, but not laminar shear stress, and ROS stimulates
an inflammation reaction in atherosclerosis by leading to monocyte adhesion [43].
1.3 Low Density Lipoprotein
Low density lipoprotein (LDL) is an atherogenic material consisting of apoplipopro-
tein B, which is critical for attachment with LDL receptors on endothelial cells, and
the core, which is surrounded by a shell of phospholipid monolayer with unesterified
cholesterol. The core contains triacylglycerol and esterified cholesterol. The schematic
structure of this particle is illustrated in Fig. 5.
In the plaque formation region, which usually experiences low wall shear stress
with complex flow patterns, high LDL accumulation is observed. For this reason,
several studies have been conducted to elucidate the role of LDL in atherosclerosis.
Oscillatory low wall shear stress and cyclic mechanical strain cause endothelial
cells and smooth muscle cells to produce ROS. In general, increased production of
ROS affects several fundamental processes related with atherosclerosis: endothelial
dysfunction, vascular SMC growth, LDL oxidization and monocyte migration [9].
Native LDL transforms to oxidized LDL (ox-LDL) with oxidative stress produced
by endothelial and smooth muscle cells when they experience biomechanical forces.
The various biological effects of ox-LDL are observed through in-vivo animal inves-
tigation. Calara F et al. [13] injected human native LDL into rats and observed
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Figure 5: The organization of LDL. The transparent sphere illustrates the organiza-
tion of apoB [77]
that ox-LDL was detected in arterial endothelium and the blood vessel wall, and this
oxidation of LDL occurs locally in the arterial wall, resulting in the activation of
NF-kB in the endothelial cells in which the expression of ICAM-1 was also detected.
Ox-LDL stimulates the expression of LOX-1, an endothelial receptor for ox-LDL,
which stimulates the apoptosis of endothelial cells. This apoptosis is also mediated
by activation of NF-kB [54]. The apoptosis of endothelial cells caused by ox-LDL
increases the permeability of LDL into the subendothelial matrix by the destruction
of endothelial gap junctions. LDL diffuses passively through EC junctions, and its
retention in the vessel wall seems to involve interactions between the LDL constituent
apolipoprotein B (apoB) and matrix proteoglycans [11]. This retention with proteo-
glycan is extended by ox-LDL which stimulates the synthesis of proteoglycans with
high affinity to LDL [19]. More detailed clinical observations and the role of LDL
in initiation and progression of cardio-vascular disease can be found several review
papers [22, 62, 76, 82].
1.4 Objectives of the Research
In this research, LDL mass transport is investigated using an FSI-CFD modeling
approach that incorporates wall thickness and mass flux through the leaky junctions
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which are associated with low wall shear stress. Images from carotid arteries of three
human subjects with varying degrees of atherosclerosis are employed for developing
the computational models.
In Chapter 2, black blood magnetic resonance images (BBMRI) obtained from
three patients are used to create models of the left carotid arteries. Phase contrast
(PC) images are taken from common carotid artery (CCA), internal carotid artery
(ICA) and external carotid artery (ECA) to acquire volume flow rate, which is utilized
as the flow boundary conditions in numerical calculations.
In the lumen, the Navier-Stokes and Convection-Diffusion equations are utilized
to compute LDL particle transport in the lumen. At the same time, it is necessary to
consider the wall condition to determine LDL mass balance because the filtration flow
in the arterial wall caused by the transmural pressure gradient and the permeability
of endothelium to LDL have been recognized as key factors in determining LDL
distribution. Based on the rigid body assumption, a simplified wall condition, in
which the permeability of endothelium and the filtration flow have the same value on
the luminal surface, is implemented by a chemical reaction model in Chapter 3.
The results from Chapter 3 show that the permeability and filtration flow are im-
portant determinants of LDL concentration and distribution on the luminal surface,
however, there is a major limitation in that the influence of mechanical forces on the
physiological response of endothelium and its contribution to LDL mass transport
is excluded in this model. Therefore, to obtain an improved description of the me-
chanical environment in the carotid artery, a fluid structure interaction (FSI) method
is utilized to extract wall shear stress in Chapter 4. In the in-vivo situation, the
carotid artery is already pressurized and expanded by the intraluminal pressure, so
that it is not at zero stress state. In contrast, the carotid artery model created by
medical imaging processing from an in-vivo configuration has no initial mechanical
stress. Thus, an arterial shrinkage procedure or a rescaling of physiological pressure
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is essential to prevent the extra dilation due to the mismatch between in-vivo state
and zero stress state.
After the appropriate conditions to run the fluid structure interaction model are
determined, the flow field is computed and time averaged wall shear stress (TAWSS)
is extracted. The TAWSS results are employed in a model for formation of leaky
junctions in Chapter 5. Solute and volume flux into the arterial wall due to the
formation of leaky junctions and the contribution of each pathway to LDL entry
through the endothelium with mass transport parameters, calculated based on the
fraction of leaky junction, along with pore theory are demonstrated in this chapter.
In Chapter 6, using poroelasticity, which implements hydro-mechanical coupling
between interstitial flow in the porous media and arterial structure, the dynamic
response of interstitial flow is illustrated, and it shows the necessity of this approach
to obtain LDL concentration in the arterial wall.
11
CHAPTER II
DEVELOPMENT OF IN VIVO ARTERIAL MODELS
AND FLOW BOUNDARY CONDITIONS FROM
MAGNETIC RESONANCE IMAGING
2.1 Vascular Diseases and Fluid Dynamics
Among the biomechanical factors implicated in atherosclerosis, wall shear stress
(WSS) has been suggested as a hemodynamic indicator related to the initiation and
progression of cardiovascular disease (CVD) [57]. As WSS is calculated from the
multiplication of blood viscosity and the velocity gradient at the wall, it is necessary
to determine this velocity gradient. However, in experimental methods, the accuracy
of WSS depends on how close to the wall the velocities can be obtained, how many
velocity points can be measured, and how accurately the wall position can be deter-
mined. These factors make it challenging to estimate WSS in in-vivo experiments
because the blood vessel moves and deforms with the pulsatility of the heart beat.
Because of the limitations of experimental methods, computational modeling is an
attractive alternative tool which enables us to simulate and quantify biomechanical
factors in otherwise inaccessible regions.
The resolution of medical images (e.g., magnetic resonance angiography [MRA],
computational tomography [CT] and intravascular ultrasound [IVUS]) can provide
critical information for developting Computational Fluid Dynamics (CFD) models.
Through sophisticated image processing we can obtain realistic geometries which are
used as domains for calculation, and subject specific flow rates (typically measured
with phase contrast magnetic resonance imaging (PCMRI) or IVUS) can be used as
boundary conditions for transient flow simulation. After establishing a CFD model
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and computing the flow field, the imaging data internal to the domain can be employed
to verify the computational results. For example, Botner et al. [12] compared blood
flow velocity measurements by MRI in an in vitro model to the results of numerical
simulations performed for a corresponding computational vessel model and found
peak axial velocities vary less than 10% between PCMRI measurements and CFD
calculations. Velocity from PCMRI measurement was also used to calculate the wall
shear stress (WSS) vectors in the carotid artery [47]. When WSS was compared to
the CFD results at sites of well behaved flow, MRI measurements and the WSS from
CFD were in good general agreement. Ku JP et al. [50] set up a phantom model
which represented an idealized stenotic vessel with a bypass graft. PCMRI data were
acquired at five different locations, and the inlet plane measurements were used to
prescribe boundary conditions for the CFD calculations. They found good agreement
was obtained from comparisons between the velocity profiles in both magnitude and
shape. Magnetic resonance phase velocity mapping (PVM), which has been widely
used to measure blood flow, was verified to be useful in providing entire cross-sectional
blood velocity profiles through the comparison of in-vitro aortic model measurements
and in-vivo velocity encoding value (VENC) measurements [21]. However, still in the
regions which shows complex flow patterns or in in-vivo PCMRI, velocity profile and
sequential WSS is not clear showing enough as shown in CFD results.
Arterial geometry strongly influences local blood flow patterns. Berthier B et al.
[10] compared flow patterns calculated in a coronary vessel which was reconstructed
by three different methods. In the simplest model, the coronary artery was modeled
by a tube with constant diameter, and as a consequence the flow resembled Poiseuille
flow in a straight tube, whereas, in a complex model in which the cross section corre-
sponded to a more realistic geometry, velocity and shear rate exhibited sudden local
variations and an area experiencing very low wall shear stress was observed. As the
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quality and resolution of diagnostic medical imaging has progressed with ongoing im-
provements in computer aided image analysis, it has been more popular to construct
patient specific models of arteries for the CFD analysis, often called, imaged-based
CFD [84]. Most of imaged-based CFD simulation has focused on elucidating the rela-
tionship between hemodynamic factors and the presence of vascular plaque. Glor FP.
et al. [30] investigated reproducibility of the predicted flow field through comparison
between hemodynamic factors (wall shear stress gradients [WSSG], oscillating shear
index [OSI], and WSS angle deviation [WWSAD]) based on MRI for carotid arteries
of eight healthy volunteers. In their research low-time-averaged WSS was dominant
around the carotid sinus and high-time-averaged WSS was observed at the divider of
bifurcation. The correspondence between low and oscillating WSS and wall thicken-
ing at the carotid sinus was demonstrated by Steinman DA et al. [85]. They utilized
black blood MRI (BBMRI) to separate the lumen and vessel wall, and they measured
velocity at inlet and outlet areas using PCMRI. Imaged based CFD provided the
distribution of WSS, and they compared this to the wall thickness to verify the role
of low WSS. The research by Suo et al. [88] also supports the concept that low wall
shear stress was dominant at the outer wall of bifurcation and epicardial side of heart
which was recognized to be atherogenic prone sites in a left coronary artery from CT.
2.2 Construction of patient specific models from MR Im-
ages
2.2.1 T2W black blood MR Image processing
Vascular geometry strongly influences the local features of hemodynamics and hence
mechanical reactions of the blood vessel by the blood flow. Thus, it is critical to be
able to develop a realistic geometry which can be used as the domain for calcula-
tion. Different medical imaging methods are used depending on the research purpose
because each module has its own advantages compared to other modules. For ex-
ample, CT provides clearer images compared to MRI due to high resolution, but it
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cannot supply flow boundary information needed for CFD. Additionally, the patient
is exposed to radiation. It is critical that medical image data are able to supply the
lumen and arterial wall with inlet and outlet boundary condition in order to simulate
FSI modeling. For these reasons magnetic resonance image modules are chosen as
MRA (magnetic resonance angiography) to obtain blood lumen, black blood MRI
(magnetic resonance image) to define the blood vessel wall geometry and PC (phase
contrast) MRI to gain the velocity profile as boundary conditions for CFD.
In this research, MRI data sets supplied from the EFFERVESCENT grant of
Arshed Quyyumi, MD and John Oshinski, Ph.D. are used to construct geometry
and supply boundary condition data. These medical images were taken from carotid
arteries of 25 patients who were 50-75 years of age (mean=58) and were asymptomatic
for carotid artery disease. These patients were in a control group who had not taken
stain or valsaltran therapy to reduce the progress of atherosclerosis for 24 months and
had undergone successful, artifact-free MR imaging at two time points. All images
were acquired on 1.5-3.0 Tesla MRI scanner (Achieva 3T, Philips Medical Systems,
Best, The Netherlands) using a 4-channel, bilateral carotid coil. Detailed sequence
parameters are summarized in Table 1. The study was approved by the Emory
University IRB.
It is necessary to segment the 2D MRI images to get the geometry for the lumen
and the blood vessel wall, and we employed T2W TSE black blood MRI. From the
bifurcation apex (referred to as the origin) one set of 10 × 2mm contiguous, inter-
leaved, axial slices was taken in the inferior direction covering the common carotid
artery (CCA) and the other set was acquired in the superior direction covering the
internal carotid artery (ICA) and external carotid artery (ECA). Fig. 6 shows the left
CCA in subject 2. Although three subjects in our research had relatively good qual-
ity of black blood MRI (BBMRI), it was found to be difficult to segment the arterial
wall automatically by the program. Thus, except for some parts of the CCA, most of
15
Table 1: Pulse sequence parameters for the 3D TOF MRA and PCMR data
3D TOF PCMR T2W TSE
Sequence 3D GRE 2D cine GRE T2 TSE
Flip Angle 17 10 90
TR 26msec 8.3msec 1700msec
TE 7.1msec 4.9msec 50msec
FOV 120 × 160mm 112 × 160mm 120 × 160mm
Matrix 384 × 512 128 × 256 384 × 512
Pixel Size 0.3 × 0.3mm 0.6 × 0.6mm 0.3 × 0.3mm
Phases 1 16 1
Slices number 60 2 20
Slice thickness 1mm 3mm 2mm
Fat-Sat no no no
NSA(NEX) 2 2 2
VENC N/A 100cm/sec N/A
Pre-pulse N/A N/A 180-180 NS (Black Blood)
Figure 6: T2W TSE black blood MR in the CCA of subject 2
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carotid artery was delineated manually because leakage occurred at the edges when
the automatic segmentation process was attempted. From the start of the bifurcation
the quality of BBMRI deteriorated due to the complex flow patterns and signal noise.
If there is stenosis development at the carotid bulb, the inner wall geometry cannot be
separated from the blood flow without employing other image modules. Around and
after the bifurcation, especially in the ECA, MRA images (3D TOF) were used to help
delineate the lumen and the arterial wall by comparing with T2W TSE black blood
MRI. In general, the MRA image is much better to segment the lumen because these
images are evident and the gap between each 2D slice is smaller than BBMRI. Thus,
when it was not obvious how to separate the inner wall with BBMRI, the outline from
MRA was chosen at that position. Segment (Cardiac MR group, at Lund University)
in which the edge is detected by a fast algorithm for tracking moving interfaces in
a level set-like manner [63] is used to segment images. The points of contour of the
lumen and outerwall were imported to the CAD program, Geomagic (Geomagic Inc.,
NC,USA), in which the NURBS (Non uniform rational B-Spline) algorithm is used
to make the 3D volume surface based on 2D outline stacks. To eliminate distortion
of the mesh used as the calculation points in the numerical program, it is essential to
smooth the contours and the surfaces in a reasonable range in which the geometrical
distortion does not influence the numerical results. This program has the ability to
control the number of surfaces covering the geometry, and this facilitates creating a
good mesh in the geometry. The inner wall and outer wall of the blood vessel in each
subject and 3D transparent models are seen in Figs. 7, 8, 9.
Carotid arteries from the three subjects depicted show the general features found
in the human carotid artery. In all subjects, geometrical non-planarity is observed
between mother and daughter branching arteries. The tortuous curvature of the
ICA varies among individuals but, in general, is more severe than the curvature of
the ECA. There is a carotid bulb in the ICA and stenosis is observed around the
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Figure 7: Human carotid artery of subject 1 (A:Anterior, P:Posterior,
R:Right, L:Left)
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Figure 8: Human carotid artery of subject 2 (A:Anterior, P:Posterior,
R:Right, L:Left)
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Figure 9: Human carotid artery of subject 3 (A:Anterior, P:Posterior,
R:Right, L:Left)
beginning of the bifurcation at the outer wall. The stenosis becomes more severe
from subject 1 to 3.
2.2.2 Velocity profile from PC (phase contrast) MR data
PC MR data consists of magnitude (anatomic) and phase (velocity) MR images.
Magnitude MR images are used to isolate the region of interest (ROI) and the seg-
mented ROI is used as the mask to isolate the same region of phase images to get
velocity information. The PC MRI was measured from slices at 10mm below and
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Figure 10: Phase contrast magnitude image at the CCA and the segmented image of
left CCA
10mm above the bifurcation apex. PC MRI at a slice 10mm inferior from the apex
was used to obtain the CCA flow rate and at 10mm above to get the ICA/ECA
flow rate. However, the site at 10mm below the apex overlaps with the beginning
of bifurcation in subject 2, in which there is a stenosis, thus, the shape of PC MR
shows deviation from the circle (Fig. 11). In each case, a total of 30 time points were
measured in a cardiac cycle. To isolate the inlet and outlet area of magnitude PCMR
images, a Matlab in-house code which was developed by Fornwalt et al. [32]. using
a region growing algorithm was utilized to implement the segmentation. Phase MR
data must be rescaled to supply quantitative velocity information. To do this, an
encoding velocity, called ”V enc” in the MR information section, is applied to change
the data range, and after this process original phase MR intensities which range from
0 to 4095 are rescaled to from −V enc to +V enc.
The detailed velocity pattern at the cross section can be seen in Figs. 11 ∼
15. In each figure, each time point consists of two sets. One is the surface plot of
velocity and the other is the contour plot perpendicular to the axial direction. In
the acceleration phase the flow pattern becomes more asymmetric as the flow rate
rises up to the peak value. At the same time, the extent of the reverse flow pattern
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Figure 11: PC MRI at the acceleration phase in the systole of subject 2
is reduced and most of region experiences increases in the magnitude of flow. The
maximum velocity at the beginning of acceleration phase is around 12cm/s, but at
the peak value the maximum velocity reached 40cm/s. After the acceleration phase,
the flow pattern becomes less asymmetric with decrease of maximum velocity at each
time point. Although less evident, there still exists an asymmetric velocity pattern.
The maximum velocity decreased rapidly from 35cm/s to 20cm/s until a slight rise
of flow rate in the middle of diastole. (Refer to Fig. 18 where a slight increase of
flow rate in the middle of diastole is observed during 0.4s ∼ 0.5s). In this phase, the
velocity pattern showed the most developed reverse flow pattern at the inner wall of
bifurcation. In the deceleration phase, the flow lost the inertia force and the velocity
decreased. However, the sudden increase of flow rate at this phase gave an inertia
force again and caused the most complex flow patterns that ocurred in the cardiac
cycle. After this phase (0.5s ∼ 0.6s in Fig. 18), the flow rate decreased and the
maximum velocity fell off from 18cm/s to 14cm/s. In the end of diastole the range
of the velocity is narrow with the maximum velocity of 12cm/s, corresponding to the
minimum flow rate at this phase.
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Figure 12: PC MRI at the deacceleration phase of subject 2
Figure 13: PC MRI at acceleration phase in the middle of diastole of subject 2
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Figure 14: PC MRI at deceleration phase in the middle of diastole of subject 2
Figure 15: PC MRI in the end of diastole of subject 2
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2.2.3 Converting velocity profiles to volume flow rate waveforms
PCMR images were acquired for one cardiac period at thirty time points for the CCA
and ICA/ECA in each patient. However, thirty time points are not enough to catch
transient flow patterns in hemodynamics, and sometimes it is necessary to change
the time step size to stabilize the simulation process. To control the time step size
in simulations and give the extra time intervals needed it is necessary to extract the
flow waveforms from curve fitting methods based on the image-processed PC-MR
data. The average velocity over the cross section was obtained and the flow rate was
calculated by the multiplication of mean velocity and the cross sectional area of the
ROI at each time point.
The trigonometric Fourier Series, which consists of sine and cosine functions that
are used to describe a periodic signal, was employed with 5 to 7 terms (harmonics),
depending on the flow waveforms. Figs. 16, 18, 19 illustrate that the trigonometric
Fourier Series method successfully captures the flow rate points in one cardiac cycle,
and these flow waveforms can be extended for extra time periods. This periodical
pattern is important because at the beginning of the calculation the numerical results
do not reach the true periodic values in the transient flow and solid simulation during
only one cardiac cycle. Thus, it is critical to run the simulation for additional cycles
to remove initial effects. In our research, every simulation runs for three cardiac
cycles, and the results of the last period are used.
The flow curves are different from each person, but the general patterns are very
similar during the cycle. In the beginning of systole the flow rate increases sharply
to the peak value, and in the rest of the period the flow rate drops off slowly except
for a slight increase of flow rate in this phase [18, 60, 106, 108]. In general, the flow
rate of the CCA is much larger than each of the daughter arteries, the ICA and ECA;
and in these two daughter arteries, the ECA is less than the ICA flow rate. The
flow division ratio between the ICA and the ECA in human carotid artery has been
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Figure 16: Flow waveforms at CCA, ICA and ECA of subject 1 and pressure curve
reported as 70 : 30 in the study of Zarins et al. [104]. In Fig. 17, the flow division
between the ICA/ECA of each subject is presented in a cardiac cycle. Flow division
ratio in a cardiac cycle is very different between subjects, however, mean value of flow
division ratio in a cardiac period is very similar between subjects with the following
ratio: mean value of the ICA flow division is 67.9% and 32.1% in the ECA in subject
1; 60.7% in the ICA and 39.3% in the ECA in subject 2; 65.5% in the ICA and 34.5%
in the ECA in subject 3. However, depending on the geometrical features, i.e., the
degree of stenosis in the carotid artery, ICA flow can sometimes be less than ECA
flow in a cardiac cycle. This pattern is found in subject 2 in our model (Fig. 18) and
Tada et al. [89].
In Fig. 19 (subject 3), the flow rate for the CCA is very similar to the ICA. This
patient had a significant stenosis that extended into the beginning of the bifurcation
and there is a possibility that this large lesion hinders the detection of flow rate of the





Figure 17: ICA and ECA flow division ratio in each subject
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Figure 18: Flow waveforms at CCA, ICA and ECA of subject 2 and pressure curve
apex of bifurcation at each subject. Complex flow patterns at severe stenosis make it
difficult to detect the flow pattern accurately at this point. Thus, in the blood flow
simulation the flow rates of the ECA and the ICA are imposed at the outlet boundary
condition and the inlet at the CCA is treated as traction free.
In the FSI modeling studies, the flow rates of ICA/ECA are applied at the same
site as for the flow simulation, and the pressure waveform is applied at the CCA
instead of traction free boundary condition in CFD. Along with the flow waveforms,
the pressure curve is shown at the bottom of each figure. It is necessary to apply the
pressure at the CCA in the FSI simulation due to giving the appropriate pressure at
the interface surface to cause a physiologic vessel wall deformation. However, none of
our subjects had an intra-arterial pressure measurement, so that the pressure curve
for the CCA was referenced from the research done by Zhao et al. [108] who estimated
the pressure in the common carotid artery using applanation tonometry. Each person
has a different heart beat, and the pressure curve should be rescaled to match the
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Figure 19: Flow waveforms at CCA, ICA and ECA of subject 3 and pressure curve
flow waveform period of the cardiac cycle of each patient.
The phase shift between CCA pressure and the ICA/ECA flow rates is not easy to
ascertain due to the lack of information about pressure at CCA in our subjects. The
distance between the sites of measurement of the CCA and ICA/ECA is very short
at around 2cm in each subject, and thus it is difficult to find any phase shift between
flow waveforms. It is also hard to observe phase differences in flow and pressure pulses
because the speed of the elastic tube pulse is several meters per second in the normal
artery while the axial dimension is around 5 and 6cm. The same pattern also has
been observed in other studies of carotid artery simulations [18, 60, 106, 108].
In the FSI study based on an idealized carotid artery geometry, Perktold et al.
[67] applied the flow rate at CCA/ECA and the pressure at ICA. In their research the
interesting thing is that the beginning of sharp rise of the pressure at ICA is earlier
than the flow rate at CCA/ECA. It would be anticipated that the pressure at ICA
began to rise up later. In the research by Huang et al. [41] there is no phase shift
between the inlet pressure in the CCA and the outlet pressure in the ICA/ECA. The
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time of peak value of each pressure is the same. Zhao et al. [106] applied the flow
waveforms and the pressure in the CCA/ICA and ECA, respectively, based on the
measurement of five healthy persons. The flow waveforms at CCA/ICA also showed
no observable phase shift. The ECA pressure curve began the sharp rise earlier than
the sharp increase of the flow rates. This earlier pressure rise is the same pattern
as the pressure at the ICA described by Perktold et.al. However, the flow waveform
reached the peak value faster than the pressure curve. In general, the CCA wall
distension is in the same phase with the CCA pressure curve, and thus the CCA wall
distension is used to set up the pressure curve of CCA. Tada et al. [89] measured
the flow rate in the CCA, ICA/ECA, and the CCA wall distension and applied the
above approach to get the pressure curve of CCA. In their research there is no phase
shift between the pressure curve and the flow rate of CCA/ICA. But the time of the
peak value of the flow rate at the ECA is slightly delayed. Based on the referenced
literature it can be concluded that the pressure at CCA starts its rapid rise earlier
than the flow rate, but the flow rate at ICA/ECA reaches the peak value faster than
the pressure at CCA.
The pressure waveform of CCA is relatively not changed from person to person.
Ramnarine et al. [70] measured the pressure and the dilation of 224 normal and
diseased carotid arteries from 126 patients. The CCA wall distension is similar with or
without the light or severe stenosis at the bifurcation. For this reason in our research
the pressure curve of CCA is chosen as inlet boundary condition and the flow rates
of ICA/ECA which come from image processing are applied as the outlet boundary
conditions. The pressure curve from Zhao et al. [108] is rescaled to the pressure range
(83mmHg ∼ 152mmHg), which comes from the measurement of Ramnarine et al.
[70]. In Fig. 16, 18, 19, the CCA pressure curve and the flow waveform at ICA/ECA




FLOW FIELDS AND LDL CONCENTRATION BASED
ON RIGID BODY ASSUMPTION
3.1 Mass Transfer of Low Density Lipoprotein in Arteries
Species which are transported from the lumen into the arterial wall encounter various
forms of resistance based on the nature of species. Oxygen, ATP and other gases
are consumed on the entire surface of the endothelium by enzyme catalyzed chemical
reaction. In contrast, many hydrophilic solutes which cannot pass through the cell
membrane are transported through the cell junctions which size is typically between
10 - 20nm so that these cell junctions act as the major barrier to the migration
of species larger than this gap. For example, soluble proteins in the blood such as
albumin and LDL are not able to get into the arterial wall through tight junctions
and adherens junctions due to their large size in the range 30 - 1000nm [91].
There are two mechanisms of transport pathways to carry the LDL particle
through the endothelium. LDL is taken up by receptors on endothelial cells and
transported via vesicular bodies across the cells. This process is called transcytosis
[80]. LDL also can pass through the endothelium without regulation by the recep-
tor. It is called paracellular pathways. The inter-endothelial cell junction can be
broken, and a so-called ”leaky” junction is formed by apoptosis and mitosis of these
cells [14, 15, 99]. An interesting fact about LDL transport through transcytosis is
that LDL transport into the intima is independent of LDL-receptors on the endothe-
lial cells. The LDL permeability of the arterial wall in rabbits was not affected by
methylation of the apolipoprotein B (apoB) in LDL (Fig. 5), which abolishes its
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Figure 20: Fluorescence micrographs of aortic arch and the unbranched regions of the
thoracic aorta from a rat. (a) More LDL (arrow head) deposition is detected at the
intima of the branched regions of aortic arch than unbranched regions (b) [45]. L is
the lumen.
recognition by the LDL receptor [62]. As a result, in most of LDL transport simula-
tion, the transcytosis pathway drops out from consideration, and its effect is included
in the overall permeability of LDL. The limited contribution of transcytosis to LDL
mass transfer through the endothelium invites consideration of the role of leaky junc-
tions in LDL mass transfer. The contribution of each pathway to LDL mass transport
was examined by Cancel et al. [14, 15] based on in vitro experiments using bovine
aortic endothelial cells (BAEC). BAEC monolayers were exposed to transmural pres-
sure leading to a filtration flow passing through the endothelium. It was found that
the entry of 90% of LDL particles were carried out with convective filtration flow
via leaky junctions, but only 10% of LDL by the transcytosis pathway. The role of
broken inter-endothelial cell junctions has been observed by many investigators. The
experiment done by Kao et al. [45] demonstrated that open junctions in endothelial
cells at the branched region had a gap widths of 30− 450nm, but no open junctions
were detected in un-branched region of the thoracic aorta. Moreover, the LDL-gold
conjugate, which enables visualization of the LDL distribution in-vivo, was observed
around open gap junctions between endothelial cells, but no gold LDL conjugate was
found in the normal intercellular channels (25nm and less)(Fig. 20). In in-vivo ex-
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Figure 21: The endothelial cell detachment and gap formation by the apoptosis [15].
A and B shows the control case; C and D is treated with TNFα/CHX. The arrows
show the gap formation and detachment from BAEC monolayer.
periments using rabbit intercostals, celiac, and iliac branches of the aorta, which are
recognized as regions highly susceptible to atherosclerosis, the permeability of LDL
was higher than in neighboring regions. The similarity between the distribution and
occurrence of the elevated I125−LDL and HRP (Horseradish Peroxidase) permeability
to LDL shows that the transcytosis pathway cannot explain the different distributions
of LDL permeability, and strengthens the argument that broken inter-endothelial cell
junctions, i.e., leaky junctions, may account for such higher permeability at different
sites [37].
The role of leaky junctions in LDL transport is shown clearly in the research
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Figure 22: The endothelial cell detachment and gap formation by the mitosis [16]. A
and B is the control case; C and D is treated with paclitaxel for 3h. The arrows in
each diagram denote gap formation
done by Cancel et al. [15, 16]. The apoptosis rate in BAEC monolayers which were
plated on porous polyester filters was elevated by TNFα and cycloheximide(CHX).
The apoptotic cells were immunostained by the Tunel method and were visualized by
red color in Fig. 21. The comparison between the control case and the increase of
apoptosis rate in the endothelium shows that more gaps seen as black spots build up
around the apoptotic cells and the inter-endothelial cell junctions which are observed
as green line by ZO − 1 immmunostaining. They measured the change of LDL per-
meability and volume flux of water and found that gap formation caused by apoptosis
enhanced more LDL particles passing through the endothelium with more convective
flux. It was shown that there is a linear correlation between apoptosis and LDL per-
meability. The mitosis effect on LDL permeability was also demonstrated with the
same method. BAEC monolayers were treated with paclitaxel, which induced mitosis.
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Figure 23: A schematic drawing of diffusive and convective transport of low density
lipoproteins (LDL) in blood flow in an artery with a semipermeable wall. Transmu-
ral fluid filtration produces a concentration polarization layer at the surface of the
endothelial cells [95]
Mitotic cells, which were immunostained by MPM-2 and visualized with green color,
caused the cell turnover and creates more gap formation in the BAEC monolayer. In
Fig. 22 gaps seen as black spots were formed around the mitotic cells and the inter-
cellular junctions which were immunostained with VE(vascular endothelial)-cadherin.
They also found that there is a linear correlation between the mitosis rate and LDL
permeability.
The endothelium provides the major resistance to LDL transport between blood
and blood vessel wall because of the semi-permeable nature of the endothelium to
macromolecules [81]. If there are no leaky junctions, the filtration flow caused by
the pressure gradient between luminal surface and the wall brings LDL particles into
the cell junction, carried by the plasma flow which can pass through inter-cellular
junction freely. However, LDL particles brought by filtration flow are stuck around
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Figure 24: The effect of filtration flow on LDL accumulation at the blood vessel
surface [96]
the inter-cellular junction, making a high concentration on the endothelial surface. A
schematic diagram is presented in Fig. 23, and the occurrence of this phenomenon
has been demonstrated with numerical methods in a straight cylindrical tube [95] and
an artery with multiple bends [96]. Deng X et al. [27] investigated the filtration flow
effect on LDL mass transfer in canine carotid arteries using computational models and
in-vitro experiments. As the filtration velocity increased, the concentration of LDL
on the endothelium surface was higher, even though the faster main flow decreased
the accumulation of LDL. This was verified with the experiment in which different
pressures were applied to the artery and the LDL concentration change was measured.
Higher concentration of particles was observed when the filtration flow was increased
due to the higher pressure gradient in the artery.
For LDL particles passing through the endothelium and stuck in the intima, it is
necessary that both the filtration flow and the leaky junction formation work together.
In other words, if the region experiences high filtration flow but there are no leaky
junctions, LDL cannot move into the intima; and, in contrast, even if leaky junctions
form at the site but there is no convective flow, this region has little chance to
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develop atheroma. The research by Meyer et al. [58] supports this concept. In
their investigation no increase of LDL infiltration in the arterial wall was observed
when the arterial wall was wrapped with external rigid polyester sleeves to prevent
the wall stretch with pressure change from 120mmHg to 160mmHg. In contrast,
when the arterial wall was stretched freely without any hindrance, a increase of LDL
concentration in the intima was observed. This can be explained by the fact that
the arterial stretch is reported to contribute to a high rate of apoptosis and mitosis
of endothelial cells, which leads to leaky formation and then enhances LDL particle
entry into the intima.
LDL mass transfer has been described by three models depending on how the
arterial wall is treated; a wall-free model, a single-layer model, and a multilayer model.
In the wall free model, LDL concentration on the luminal surface is determined simply
by blood flow and convection-diffusion model [29, 95, 96]. In the single-layered model,
the wall is treated as single porous media with homogeneous parameters for mass
transport on the assumption that the arterial wall is a fiber matrix sturcture [81, 49,
65], and in some cases the permeability to LDL changes with WSS and the filtration
flow is calculated using Brinkmanns or Darcy′s model [86]. In a multi-layer model,
instead of a single porous media the wall is treated as a complex structure consisting
of the intima, IEL (internal elastic lamina) and the media [87, 68]. Multi-layer models
can give more detailed distribution of LDL in the wall, but multi-layer models need
more transport parameters which are hard to obtain under current experimental
methods because each region needs its own parameters, i.e, the permeabilty, LDL
consumption rate and resistance to plasma flow.
With current medical imaging methods it seems impossible to separate detailed
structures in an in-vivo geometry. For this reason, if the main purpose of the research
is not a LDL distribution in the arterial wall, then single layer model may be adequate
to describe the LDL mass transport in an in-vivo artery. In our investigation, the
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nature of LDL mass flux over the arterial surface is considered to be a major factor
in assessing plaque progression, and thus it is more critical to set up a proper model
on the endothelial surface than within the vessel wall.
In Chapter 3, based on an in-vivo carotid artery geometry (subject 2), blood flow
is calculated to extract WSS and gives the convective force driving LDL particles in
the lumen. Coupled with this, at the interface between the lumen and arterial wall,
constant permeability and filtration flow are assumed to model their effects on the
concentration of LDL.
3.2 CFD of Blood Flow in Large Arteries
Blood is a concentrated suspension containing red blood cells (erythrocytes), white
blood cells (leukocytes), and platelets. In blood, the hematocrit (the volume fraction
of blood constituents) of red blood cells is 40% to 50% and under physiological con-
ditions WBCs occupy 1/600 and platelets occupy 1/800 of total cell volume. This
means the RBC is responsible for the dominant characteristics of blood. Blood shows
non-Newtonian characteristics, in which the viscosity is higher at low shear rate and
approaches an asymptotic value, with increasing shear rate. The RBCs aggregate
with each other through a shear dependent protein interaction (fibrinogen and im-
munoglobulins) on the surface of RBCs, and this aggregation leads to rouleaux forma-
tion (long chain aggregates of RBCs) at low shear. In turn, larger rouleaux increase
the effective viscosity coefficient through increased energy dissipation.
However, for several reasons a Newtonian model is used in our research. First, var-
ious non-Newtonian models which are used in hemodynamic simulations are obtained
from parameters fitted to experimental data at various shear rates under steady-state
conditions. These models do not reflect accurately the formation of rouleaux in the
transient case of pulsatile flow. Second, the shear rate in the large arteries is suffi-
ciently large to break up the protein interaction causing rouleaux [8]. Only if a region
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experiences very low shear for prolonged periods is there adequate time for rouleaux
to form [5, 44].
Blood flow in arteries is assumed to be laminar because the Reynolds numbers
(Re) are usually much lower than those required for turbulent flow to develop. For
example, the time-averaged Reynolds number in human coronary artery is reported
to be around 240 by He X et al. [36]. While there are clearly exceptions, e.g., post
stenotic flow in significantly diseased arteries and transient turbulence in the aorta
with high cardiac output, for many studies of physiologic relevance, a laminar flow
assumption is accurate.
In general, the flow can be treated as a continuum in which flow parameters and
variables are continuous in space and time without abrupt changes or discontinu-
ities. Further, temperature of blood is well regulated at a constant value (37◦C), and
temperature effects on blood viscosity can usually be neglected. Thus, blood flow in
large arteries under most situations can be described by the Navier-Stokes Equations
(N-S), in which the hemodynamic variables are calculated based on mass conserva-
tion and momentum balance in the finite volume. In our study blood is assumed to
be incompressible Newtonian fluid with a viscosity of µblood = 0.00345(P · s) and a
constant density of ρblood = 1050(kg/m
3).
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∇ · v = 0 (2)
where v is the fluid velocity, F represents body forces (such as gravity), and p is
the pressure. The numerical results are obtained using the commercial FVM (Finite
Volume Method) code, Fluent (v3.2.26 Fluent Inc., Lebanon, NH, USA), in which
the fluid domain is divided into finite volumes. The Navier-Stokes equations are
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integrated over these finite volumes, and the resulting nonlinear partial equations are
solved simultaneously, using an iterative procedure with appropriate boundary and
initial conditions. In the finite volume, the velocity change in the left side of N-S is
balanced with the pressure gradient due to the difference between the inlet and the
outlet pressure and the viscosity of the blood which acts as the frictional force against
the blood flow at surface interfaces. Depending on the physical environment, force
fields such as gravity can be counted in the force balance, but in the case of blood
simulation in a large artery the gravitational force is ignored.
For the pulsatile simulations, a phasic volume flow rate waveform for the left
carotid artery of subject 2, obtained from PC MRI, is employed. In Fig. 18, inflow
QCCA and outflow QICA / QECA were reconstructed by curve fitting based on the
PC MR data. Owing to the presence of image noise and small outflow through
minor branches that are not modeled, we do not expect the measured inflow rate
(QCCA) and the outflow rate (QICA + QECA) to be same. Also, it is not possible
to prescribe PC MR data at all these boundary sites in the CFD calculation due
to numerical procedures that cannot account for small numerical errors in satisfying
conservation of mass. Thus, the outflow at ICA/ECA is imposed and the traction
free (static pressure, p = 0) boundary condition is prescribed at the CCA. This has
the advantage of capturing both the total flow exiting the domain of interest, as
well as the flow division into ICA and ECA, a critical determinant of flow patterns.
In pulsatile simulations, calculations are performed for three cardiac cycles in which
the results from the previous cycle are used as initial conditions for the subsequent
one. This approach ensures dynamic equilibrium and improves the accuracy of the
computations because of eliminating start-up effects of transient simulation of the
flow.
A fine numerical mesh in the boundary layer is necessary to detect accurately the
gradient of velocity near the wall, wall shear stress and concentration of solute in the
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Figure 25: Volume meshing and the boundary layer of subject 2







where δ is oscillatory boundary layer thickness and ω is the frequency of the cardiac
cycle. The in-vivo arterial geometry handled by Geomagic is exported as a CAD file
format into the CFD preprocessing program Gambit (v2.3.16 Fluent Inc., Lebanon,
NH, USA) which makes the surface and volume meshes, and the mesh, in turn, is
exported to Fluent (CFD code). Near the interface, four mesh layers were constructed
in the thickness of the oscillatory boundary layer (Fig. 25). In remaining parts,
tetrahedral meshes were used due to the complicated geometry of the artery. All
volume meshing is controlled to have a reasonable range of skewness under 0.8.
3.3 LDL Concentration with Constant Filtration and En-
dothelial Permeability to LDL Particles
3.3.1 Convection Diffusion Equation for mass transfer of bioparticles
To describe mass transfer of atherogenic material in arteries, convection diffusion
equations (C-D) are utilized as governing equations to implement the computational
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calculation. In general, the solute concentration is determined from the balance




+ v · ∇C = D∇2C + R (4)
where C is the concentration of solute dissolved in the lumen and v is the velocity
vector of blood which couples mass transport to the Navier-Stokes equation (N-S). D
is the diffusivity of the bioparticle, and R is the chemical reaction which represents
the generation or destruction of the particles. In the C-D equation the time rate of
change of the concentration is determined from the balance between the convective
mass brought by the blood flow, expressed by the multiplication of velocity and the
gradient of concentration, and the dispersion, which is expressed by the multiplication
of diffusivity and the Laplacian of the concentration. In some cases, an extra term,
expressed as R, is included and contributes to determine the concentration balance. In
this study, the interface boundary condition at luminal surface is implemented as R, a
surface chemical reaction model. Depending on the solute features, the diffusivity of
solute is usually a function of concentration or velocity of the flow, but this parameter
is treated as a constant value due to the low diffusivity of LDL. In mass transport
with high diffusivity, the fluid flow and mass transport should be calculated at the
same time at each time point. However, the low diffusivity of LDL makes it possible
to separate the blood flow calculation using the N-S equation (Eqn. (1)) and LDL
mass transport with C-D equation (Eqn. (4)). Thus, to save computational resources
the N-S solution is run first and the C-D is calculated next based on the velocity at
each mesh point.
Through the normalization of Eqn. (4) using the diffusivity of LDL, inlet reference
concentration and reference values, i.e., the inlet velocity and the domain dimension,
the physically important parameters related with mass transport become apparent
and demonstrate the contribution of each factor to LDL movement. The normalized
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+ Rev̄ · ∇C̄ =
1
Sc
∇2v̄ + R̄ (5)
where C̄ is the normalized concentration (C̄ = C/Cinlet), where Cinlet is the inlet
reference concentration and R̄ is a dimensionless reaction rate term [29]. In the
above equation, α is the Womersley number which expresses pulsatile flow frequency









, Dinlet is the diameter of the inlet of the artery and V is the averaged
velocity at the inlet) is the Reynolds number which gives the ratio of the viscous




the ratio of the viscous force and the diffusion rate. Among these parameters the
most meaningful parameter related to LDL mass transport is the Peclet number
(Re × Sc = V DinletD ) which characterizes mass transport by representing the relative
importance of convection by fluid flow versus the diffusive effect of bioparticles. In
our research the Sc of LDL is about 66 and the corresponding Peclet number is much
higher than 1000. This means that in mass transfer in large and medium sized arteries
convection dominates diffusion of solute in the blood flow. For this reason the blood
flow patterns in the lumen and the filtration flow in the wall are critical in determining
the distribution of LDL along the arterial surface.
In most of cases of mass transport simulation, uniform concentration is applied as
the inlet boundary condition (Dirichlet condition), and we use Cinlet =1.2 mg/ml of
blood [81]. At the outlet a homogeneous Neumann condition (a zero value for species
gradient) is typically imposed, especially for the high Peclet number case. Second
and first order upwinding schemes are used for the mass-momentum and species
solvers, respectively. The QUICK scheme [52] is employed to solve the flow and
species transport equations. The time discretization and pressure-velocity coupling
are achieved through second order time implicit and PISO schemes (the pressure-
implicit with splitting of operators), respectively. To detect LDL concentration more
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accurately, the mass transport boundary layer is applied on the surface and this layer








where δ is the oscillatory boundary layer in Eqn. (3).
3.3.2 Wall boundary condition
Based on the mechanism explained in a previous section, the equilibrium concentra-
tion of particles at the interface between blood and endothelium is established based
on a mass conservation law which states that the amount of LDL passing through
the endothelium is determined by a difference between the amount of LDL carried
into the wall by a filtration flow and the amount which diffuses back to the blood






= K(Cs − Cw) (7)
where Cs is the luminal species concentration at the endothelial surface and Cw is
the wall concentration beneath the endothelium. vw is the plasma filtration velocity
normal to the wall (= 4×10−6cm/s) [81], n is the direction vector normal to the wall,
and D is the physiological LDL diffusivity. Using the Stokes-Einsten equation, the
diffusivity of LDL was estimated to be 5× 10−8cm2/s in blood at body temperature
[96]. K(= 2 × 10−8cm/s) is a net uptake mass transfer coefficient of LDL which is
considered equivalent to the physiological endothelial permeability to LDL [81]. If
the resistance to transport offered by the endothelium is dominant (Cs  Cw), then







To implement the wall condition in the Fluent program, the Arrhenius rate for the









Where NR is the number of the reaction, kf,k is the forward rate constant for reaction
k and Ci′ is the mass concentration of species i
′
. In a similar way, the surface reac-
tion boundary condition is expressed with the balance in which the convection and
diffusion of the species to or from the surface and the rate at which it is consumed or
produced at the surface. This mass flux balance for the species i
′
is represented as
Ji′ · n = Ri′ ,k






= (vw −K)Cs (11)
where Ji′ is the diffusion flux of species and Ri′ ,k is interpreted as the mass rate of
surface deposition of species. Thus, the final form in Fluent to calculate the chemical
reaction on the surface is given in Eqn. (10). Through the comparison between





and the kf,k is assigned by the difference between the filtration flow (vw)
and the permeability (K).
3.4 Results and Discussion
3.4.1 Flow patterns in the carotid artery
Streamlines and cross sectional velocity profiles were acquired throughout the pulsatile
cycle, and the streamlines at a time during the deceleration phase for subject 2 are
shown in Fig. 26 and 27. In subject 2 the pronounced curvature of the ICA and
geometrical non planarity between the CCA and ICA/ECA combined with the slight
stenosis around the outer wall of the carotid bulb induce complicated flow patterns in
the carotid bifurcation. To track the particle movement in the artery the streamlines
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(a) Streamlines from CCA inlet
(b) Streamlines from the cross section of beginning of the bifurcation
Figure 26: Streamlines calculated at the beginning of acceleration in diastole (BAD)
in carotid artery in subject 2
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were calculated from the CCA inlet to ICA/ECA outlet (Fig. 26 (a)), and they were
also obtained from the cross section at the beginning of the bifurcation at the same
time to visualize more specific streamline patterns in the carotid bulb and downstream
of the stenosis (Fig. 26 (b)). Particles which travel around the periphery of the inner
wall in the CCA near the proximal ICA enter a transient separation zone at the
carotid bulb and are twisted up via complex, helical flow patterns.
A more detailed velocity field is presented at four typical cross sections in Fig. 27.
At the proximal section of the stenosis small areas of reverse flow can be noted around
the stenosis even though there is little asymmetric flow patterns in the carotid artery
(Fig. 27 (c)). After the stenosis the flow patterns show the intense reverse flow and
a strong vortex flow at the same time in the carotid bulb because the expansion of
the cross sectional area makes the main flow lose the inertial force, and the beginning
of the tortuous curvature of the ICA induces faster flow movement in the anterior
side of carotid bulb, which strengthens the recirculation pattern at this site (Fig. 27
(d)). In contrast to the ideal bifurcation model in which the planar bifurcation and
lack of tortuous curvature in the ICA [50] create a symmetrical secondary flow in the
cartotid bulb, an asymmetrical, strong vortex pattern is present near the proximal
ICA. At the region which experiences the reverse flow caused by the strong vortex,
the development of intimal-medial thickness (IMT) is also observed. The complicated
helical flow extends after the bifurcation apex, and this triggers a vortex and reverse
flow at the inner wall of the ICA, a flow pattern that is not seen to a remarkable
degree in the ECA (Fig. 27 (e)). In contrast, flow in the ECA is relatively uniform
and no vortex or circulation region is present due to its simpler geometrical feature.
There is no tortuous curvature in the ECA, and the connecting angle between the
ECA and CCA is small. The ECA flow patterns can be seen in the streamlines (Fig.
26), and a more or less fully developed velocity distribution over the cross section is
found in the distal ECA (Fig. 27 (f)).
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(a) Cross section in carotid artery (b) Time points at acceleration, deceleration
and BAD
(c) Common carotid artery (d) Beginning of the bifurcation
(e) Right after the apex (f) Far away from bifurcation
Figure 27: Velocity cross-section patterns at the deceleration phase in the subject 2
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(a) Anterior view (b) Left
(c) Posterior view (d) Right
Figure 28: Wall shear stress distribution at human carotid artery at acceleration
phase Pa(N/m2)
3.4.2 Wall shear stress distribution
Wall shear stress (WSS) is defined as the product of the velocity gradient at the
surface and the viscosity of the fluid. Thus, WSS distribution is associated closely
with the flow patterns in the domain. For this reason WSS is extracted at two time
points (Fig. 27 (b)) in the cardiac cycle and compared to determine how much the
flow patterns influences its distribution. For a detailed view, the WSS distribution is
provided via four aspects (Figs. 28, 29) due to asymmetric geometrical non-planarity.
In this study low wall shear stress (LWSS) is defined to be when its value is under
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(a) Anterior view (b) Left
(c) Posterior view (d) Right
Figure 29: Wall shear stress distribution at human carotid artery at deceleration
phase Pa(N/m2)
0.5Pa. In the acceleration phase, the LWSS region begins along the outer wall of the
conjunction between the ICA and CCA and covers most of the carotid bulb in the
ICA. An interesting aspect of LWSS distribution at this time is that LWSS is present
on the inner wall of ICA immediately after the bifurcation apex. In a previous study
with ideal bifurcation geometry and no tortuous curvature of the ICA [50], the inner
wall of the ICA experiences similar magnitudes of WSS as can be seen in the inner
wall of ECA in Fig. 28 (a). In the deceleration phase, the LWSS region is much
more extensive than in the acceleration phase, particularly around the stenosis and
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including the CCA. The distribution of LWSS is overlapped in most parts at two time
points but the lowest WSS is present both upstream and downstream of the stenosis in
the deceleration phase. However, in the carotid bulb itself, the LWSS region is rather
smaller than in the acceleration phase. This can be found through a comparison
between the posterior views in Fig. 28 (c) and Fig. 29 (c). In both phases, high
wall shear stress (HWSS) is dominant around bifurcation apex and extends through
the ECA. HWSS presents in most of the area of ECA except the outer wall of the
conjunction between the ECA and CCA (Fig. 29 (d)).
3.4.3 LDL transport in a 2D sudden expansion model
A sudden expansion model is a highly studied geometry with a well developed recircu-
lation region. Thus, this geometry is suitable for simulating the convection dominant
mass transfer of small biological molecules in blood flow. To evaluate the mass trans-
port simulation accuracy using Fluent, the already published data by Lutostansky
et al. [56] were used for the expansion geometry setup and comparison of the simu-
lation results. The wall is assumed rigid and not permeable to solute, and the zero
diffusive flux is applied as the boundary condition in the entire wall. This excludes
other factors which influence mass transfer and focuses on convective effects on LDL
transport. The inlet concentration is fixed as a unique value to give the incoming
blood a constant LDL concentration. Material parameters in blood flow are the same
used to simulate the blood flow in our in-vivo geometry. To simulate mass transfer in
the same environment as the study of Lutostansky, the diffusivity of molecules and
inlet velocity are changed based on the Re and Sc which was described in section
3.3.1, e.g., we use the same Re and a range of Sc (10, 172, 430) to implement dy-
namic similarities in the blood flow and a similar characteristic behavior of molecules
in the recirculation region. Under conditions of laminar flow and the axisymmetric
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Table 2: Comparison cases based on Re and Sc
Dr.Lutostansky Re Sc D
Case −1− 250 10 1.17× 10−7(m2/s)
Case −2− 250 172 6.81× 10−9(m2/s)
Case −3− 500 430 2.73× 10−9(m2/s)
Our research Re Sc D
Case −1− 250 10 3.285× 10−7(m2/s)
Case −2− 250 172 1.910× 10−8(m2/s)
Case −3− 500 430 7.64× 10−9(m2/s)
geometry, it is possible to use an axisymmetric simulation in order to save com-
putational time. Recirculation occurs between the central flow and the expansion
region. The axial-directional velocity is plotted in the sudden expansion region at
the cross-sections corresponding to five different axial locations beginning from the
sudden expansion. These velocity profiles are shown in the lower left diagrams in
each Fig. 30 ∼ 32. It is observed that negative axial-directional velocities are present
and that the negative axial-directional velocity exists further away from the origin
of expansion as the value of Re increase. This means that the recirculation region is
larger as blood flow rate increases for a given expansion configuration.
The concentration of molecular species is plotted at the same sites as for the
axial-directional velocity. In the lower right diagrams (Figs. 30 ∼ 32) the normalized
concentration of solute at five axial locations is plotted as a function of the radius of
expansion in which 0 is the centerline of the expansion model and 14 is the surface
of wall. In each case, the concentration profile is similar between the results by
Lutostansky and our research. The concentration around the central flow is similar to
the inlet concentration, but approaching the wall the concentration decreases. Sharp
gradients are observed between the main central flow and the recirculation region,
although this trend is reduced and finally diminishes with increasing axial distances.
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Figure 30: Re250 and Sc 10
This trend is more definitive as Sc increases because the increase of Sc means that
molecules have lower diffusivity and the convective force is more dominant as the
diffusion effect is diminished. Thus, the mass transport of biological molecules with
low diffusivity can be characterized by convective forces being dominant to diffusion.
A greater concentration gradient is observed between central flow and the recirculation
flow near the beginning of the expansion in Fig. 31 and 32 with the increase of Sc.
The large concentration difference across the streamline which separates the main
flow and the recirculation flow induces diffusion of molecules and this causes the
high concentration in the recirculation with high Sc. Nonetheless, the molecules have
low diffusivity and this makes diffusion limited in the recirculation region so that
the molecules principally follow the blood flow movement. For this reason in the
recirculation region a second maximum concentration is detected near the surface
and this peak value increases with higher Sc.
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Figure 31: Re250 and Sc 172
Figure 32: Re250 and Sc 430
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3.4.4 LDL distribution in a human carotid artery
LDL particles enter the CCA inlet with initial concentration and are moved by the
blood flow which is calculated with the N-S equation and the C-D equation. At sites
which experience low velocity they have long resistance times near the surface, and
the final concentration of LDL is determined by the balance between filtration flow
and endothelial permeability to LDL. The wall condition represented by Eqn. (11)
is implemented on the surface of subject 2 with the Fluent chemical surface reaction
model.
Figures 33 and 34 present results for the computed LDL concentration at lumen
surfaces extracted at two time points during the cycle, one during the acceleration
phase and one during deceleration, and normalized by inlet concentration. The fil-
tration flow effect is applied at all surfaces so that the concentration is higher than
unity, over the luminal surfaces. In the acceleration phase, a relatively high concen-
tration is present around the proximal region of the stenosis, from upstream in the
CCA and spreading into the stenotic region (Fig. 33). However, high concentra-
tion is not dominant after the stenosis in the carotid bulb. Even though there is a
somewhat higher concentration present after the stenosis, it is much smaller than at
the upstream of site. In the wall shear stress distribution results (Fig. 28) LWSS is
dominant after the stenosis in the carotid bulb at the acceleration phase. However,
the LDL concentration does not follow this trend. In the deceleration phase LWSS is
prominant around the stenosis region and LDL distribution shows a similar pattern
at this site in that the concentration is relatively elevated (Fig. 34). But still there is
no remarkably high concentration after the stenosis in the carotid bulb even though
the concentration itself is higher than in the acceleration phase.
The increase of concentration level of LDL is less than 3% of the inlet concentration
which represents the average concentration in the blood. This value is very similar
to the results of Prosi et al. [68]. In their research they used a low filtration flow
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Figure 33: LDL concentration at the lumen surface at acceleration phase in subject
2
compared to our case, but they also used low diffusivity, resulting in a similar mass
concentration on the surface. In both phases in the cardiac cycle, there is no apparent
change in the concentration of LDL in the ECA.
The LDL distribution calculated with constant permeability and filtration flow
applied on all surfaces shows that this boundary condition is not enough to catch the
expected LDL concentration level and distribution on the surface. For example, from
clinical evidence, plaque progression is often seen at the downstream regions of the
stenosis, but the above results suggest that the upstream should be more susceptible
to progression. And the polarization level is negligible to give a significant effect the
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plaque formation, at least in the human carotid arteries in this study.
This difference may arise from the simplification of the boundary conditions. To
overcome this limitation, several improvements should be investigated. First is the
implementation of the physiological response of the endothelium to the dynamic me-
chanical environment. The rate of apoptosis and mitosis of endothelial cells responds
to wall shear stress, implying that a mathematical model to couple apoptosis and
mitosis with WSS should be included in the calculation [65]. Second is that more
an accurate WSS distribution may result if the blood flow is computed not based on
the rigid body but based on elastic arterial wall. To implement this, fluid structural
interaction (FSI) should be utilized. Finally, the transmural filtration flow in an in-
vivo artery is not a one-way pattern from the lumen to the arterial wall. There is
a dynamic pattern to the arterial deformation caused by the pulsatility of the heart
[49]. To get dynamic filtration flow it is necessary to consider poroelasticity in which
the carotid artery is treated as a porous media and the filtration flow arises from
hydro-mechanical coupling between pore fluid pressure and the geometrical deforma-
tion of porous media. With the above suggested approaches it may be available to
obtain more accurate LDL mass transport results in the in-vivo carotid artery.
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FLUID STRUCTURE INTERACTION (FSI)
4.1 Background and Introduction
The arterial wall is a viscoelastic distensible soft tissue, and arteries experience dyan-
mic tension, compression and torsional forces which come from the pulsatility of
blood flow related to the heart beat. Mechanical forces cause deformation of blood
vessel geometry and the geometrical deformation also affects blood flow characteris-
tic. This interactive coupling is called Fluid Structure Interaction (FSI). While there
is a noticeably large amount of research and publications on blood flow done, fewer
publications can be found investigating both blood flow and arterial wall mechanics
using FSI algorithms.
In the study by Perktold et al. [67], blood flow in a distensible elastic wall model
was simulated and compared to a rigid wall model of the bifurcation of the carotid
artery. The pulse pressure waveform was applied to give the pulsatility to this artery.
Even in the simplified ideal geometry with small changes in diameter, they found that
the distensible wall affected the flow patterns of blood, causing changes in velocity
and wall shear stress in the carotid sinus. The fully coupled simulation of pulsatile
blood flow with a compliant stenotic artery was analyzed by Bathe et al. [7]. Three
grades of stenosis corresponding to 51%, 89%, 96% nominal area reductions were used
for the geometry, and they utilized the hyperelastic model to set up the structural
features of the artery, which implemented a nonlinearity between stress and strain
with the Ogden constitutive model [64]. Most of all, they found that significant
cyclical compressive stresses developed downstream of the shoulder of the stenosis in
the higher constriction models due to the strong pressure drop caused by the severe
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stenosis, resulting in the pressure falling well below normal artery pressure. This
compressive stress phenomenon was supported by similar research conducted by Tang
et al. [90]. They set up a thick-wall stenosis model made of PVA (Polyvinyl Alcohol)
hydrogel to mimic the artery and observed artery wall collapse due to compressive
stress when the pressure difference between inlet and outlet was high (Fig. 35). Wall
collapse was more prominent when the stenosis became more severe. In the severe
plaque development case, the change of flow pattern caused by the deformation of the
artery makes the throat of stenosis experience extremely high shear stress which can
be as high as 3000 dynes/cm2, values capable of damaging normal enthothelium. It is
also reported that this high shear stress activates platelets and therefore contributes
to thrombus formation [38].
The alteration of flow patterns causes LDL distribution changes in the lumen
because LDL mass transfer is characterized by convective dominant mass transfer.
Blood flow patterns and their effect on LDL mass transport were investigated based
on symmetric and asymmetric compliant vessel walls by Valencia et al. [94]. In their
research they compared the velocity and wall shear stress in the case of rigid body
and compliant elastic models. They found that in the FSI simulation the mean ve-
locity at the throat of the stenosis was much lower than in the case of the rigid body.
Even though they applied very simplified boundary conditions for LDL mass trans-
fer, LDL distribution alteration was observed downstream of the stenosis, where the
flow recirculation magnitude changed with the response to the geometrical variation.
Kolandavel et al. [48] showed that the dynamical curvature of the coronary artery
wall influenced the LDL and oxygen mass transfer in the lumen through the alteration
of flow depending on the wall curvature. While the wall deformation was prescribed a
priori, their studies supported the effects of geometrical and dynamical environment
on mass transfer in the lumen. Due to the above outcomes of the previous studies
of FSI and its effect on the flow pattern and mass transfer in arteries, our research
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Figure 35: Experimental results showing collapse under physiological different pres-
sure conditions [90]
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examines employing FSI methods to obtain the complete data set including velocity,
pressure and wall shear stress, wall displacement and mechanical stress.
It is a challenge to describe the interaction between incompressible blood flow and
an elastic arterial vessel with computational methods. The Arbitrary Lagrangian Eu-
lerian (ALE) approach is a well known method to describe FSI, and it is an algorithm
supported by most commercial numerical codes for implementing Fluid Structure In-
teraction. The concept of ALE is discussed in the next section.
4.1.1 Arbitrary Lagrangian Eulerian (ALE) method
Elements of continuum can be described by mainly two algorithms. One is Lagrangian
algorithm in which the computational grid and the material points coincide in the
continuum and this coincidence is not broken even if the configuration of the domain
changes by internal or external forces. This approach to describe the deformation of
the domain has the advantage of easily tracking the movement of the material par-
ticles. Thus, the Lagrangian algorithm is mainly used to explain the structural me-
chanical response. However, the coincidence of mesh and associated material particle
prevents the ability to describe the material particle movement when it experiences
large deformation because the associated computational grid is distorted, causing
computational errors. In contrast, in the other algorithm for describing material
properties, called the ”Eulerian algorithm”, the computational mesh is fixed and the
material points move freely with respect to this mesh. For this reason it is capable of
handling large distortions in the continuum. This algorithm is mainly used in fluid
mechanics in which the recirculation or vortex of fluid particles can be observed, and
these flow patterns cannot be described with a Lagrangian approach. Because fluid
particles can be described with respect to the fixed computational grid in Eulerian
algorithms, it is usually necessary to define precise boundaries and a high resolution
mesh to capture flow pattern details. In the purely Eulerian approach, numerical
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Figure 36: A third domain for ALE motion description (Rχ) [28]. RX is a reference
configuration and Rx is a spatial coordinates.
problems occur when the boundary of the fluid domain moves or deforms with time
because the fluid particle properties are calculated with respect to the computational
grid; however, these meshes are moving so that the fluid properties should include the
effects of a moving mesh. However, the purely Eulerian algorithm cannot handle the
moving mesh effect. The limitations of pure Lagrangian or Eulerian algorithms argue
for a hybrid formulation in which the best features of each algorithm are combined
and enhanced to overcome each algorithm’s drawbacks. This hybrid formulation is
called, the Arbitrary Lagrangian Eulerian (ALE) method.
In Fig. 36, X represents the material coordinates and helps us identify the refer-
ence configuration, RX . Through the one-to-one mapping (ϕ) from material coordi-
nates to spatial coordinates (Rx) the velocity of material points v is defined in two
ways as explained above. In the case of material points coinciding with associated
computational grids during the deformation, there are no convective effects due to
the separation between the material points and the mesh nodes. Thus, in the La-
grangian algorithm, the inverse mapping allows it to track the previous configuration








meaning the time derivative in
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Lagrangian coordinates. On the other hand, in the Eulerian algorithm, the variables
and material properties at the computational mesh node at the considered time t are
related with material particles passing through the fixed mesh region of space. Thus,
it is relatively easy to describe fluid particles in spatial coordinates x and time t, and
the velocity v can be defined as; v = v(x, t).
It is necessary to set up a third domain for ALE motion description because
neither purely Lagrangian nor Eulerian coordinate can handle large deformations
of the continuum with moving boundaries. The ALE domain is referred to as the
referential configuration Rχ, where χ represents the computational grid points (Fig.
36). Using the mapping (Φ) from reference coordinates to spatial coordinates the




representing the computational grid
motion in the spatial domain. With the ALE domain and the mapping correlations
between each domain the convective velocity c between the material velocity v and
grid points velocity v̂ can be defined as: c = v − v̂. Finally, based on the kinematic
concept in the ALE domain the mass conservation and the momentum governing
















is a time derivative in the ALE domain and g is a gravitational
acceleration. In general, the fluid density in the blood flow simulation is treated
as constant so that Eqn. (12) can be simplified to Eqn. (2), which is the well
known incompressible equation. Eqn. (13) represents Navier-Stokes Equation in the
ALE domain and through comparison with the Navier-Stokes Equation in the purely
Eulerian domain, Eqn. (1), the ALE form of Navier-Stokes Equation can handle
the grid point velocity, giving a good advantage and making it able to handle the
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fluid flow calculation in Fluid Structure Interaction. More detailed procedure and
explanations about ALE method can be referred to Donea J et al. [28].
To get the mesh velocity it is necessary for the fluid domain mesh to be updated to
assign computational node displacement and velocity at each time step of simulation.
For this reason it is essential to apply a numerically robust remesh algorithm. In the
fluid structure interaction, the mesh nodes in the solid domain are in general moved
based on the Lagrangian algorithm, however, the mesh topology in fluid domain must
be updated or remeshed to get the mesh point velocity with the deformation of the
interaction between blood and arterial wall. Several remesh algorithms have been
suggested, but in the ALE approach mesh smoothing methods are well known to
improve the element shape when the domain topology is set up. With smoothing
methods the connection between nodes is treated as a spring with pseudo-stiffness,
and the severe distortion of the mesh at local areas due to deformation of the inter-
action is reduced by distributing the amount of distortion through the whole mesh
connection. This procedure usually prevents severe mesh distortion that causes the
numerical errors. In fact, mesh smoothing approaches do not consume as much com-
putational resources compared with other remesh methods, and this can be applied
to any kind of mesh shape in 2D and 3D. For this reason a smoothing method is
adapted by most commercial CFD codes, i.e, Fluent, CFX and Comsol.
4.1.2 Interface condition
To ensure the fluid mesh grid will not detach or overlap into the solid domain during
the motion it is necessary to set up an extra compatibility condition on interface
surface. It is obvious that the node on the surfaces should have a equal displace-
ment value. This geometrical compatibility condition can be expressed in numerical
computation as shown by Eqn. (14), where ns and nf are the normal unit vector
to the interface in fluid and solid domain respectively, and df is the surface node
65
displacement which belongs to the fluid domain, and ds is the surface node displace-
ment which belongs to the solid domain. With the updated mesh topology in the
fluid domain the total stress in the fluid should be equal to the solid domain due
to the geometrical compatibility condition. This can be assigned by an equilibrium
condition which is defined as follows:
nf · df = nf · ds
σftotal · nf = −σ
s
total · ns (14)
where σstotal is the total stress acting on the structure.
Because of the physical features of fluid and structure and the related numerical
method, the resolution and element type of meshes differ in each domain, thus the
mesh topology and spatial distribution of mesh points are not the same in many
cases of FSI simulation. This means that it is not necessary for mesh grid points to
coincide on the interface surface between the lumen and arterial wall. However, to
transfer solution variable data, i.e., the mesh displacement and the force across such an
interface surface, an interpolation procedure is essential. The surface interpolation is
done by a mapping procedure in which variable data on each fluid node are mapped
to nearby solid mesh nodes when the force is transferred to the solid domain as a
boundary condition. Also, data on each solid node are mapped to nearby fluid mesh
nodes when the interaction geometry is deformed, and it needs to be updated to
serve the fluid domain [31]. If the arterial wall deformation is relatively small and the
initial surface mesh topology is to be maintained during the calculation, the surface
mapping procedure needs to be carried out once at the beginning of the simulation,
and this saves computational resources and calculation time.
4.1.3 Artificial added mass instability
In computational research on FSI, several coupling methods have been established to
accomplish fully two-way interaction between fluid motion and solid structure. The
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first suggested method is a direct coupling approach which can solve the fluid and
structure governing equations simultaneously at each iteration of the calculation [7].
In this method, equilibrium on the interaction surface is enforced through the finite
element integration process. This approach is convenient, accurate and robust numer-
ically among the coupling methods if it is set up with proper initial and boundaries at
the start of calculation. However, as expected, since the whole mesh in the fluid and
solid domains is processed at the same time, it demands more computer hardware
resources and it takes more time to finish the calculation if not all discretized meshes
are loaded on the memory. Another approach is the iterative coupling method which
decouples the calculation of the fluid flow and structure mechanics [51, 108]. At each
time step the fluid properties are calculated based on the current blood vessel shape
and the pressure of fluid is applied across the interface surface of arterial wall as a
loading to the structure. The response of the blood vessel wall to the pressure force is
calculated with elastostatic structure theory, and then the final structure configura-
tion is updated as the next fluid domain moves through the interface condition. The
major advantage of iterative coupling is that we can use the most advanced devel-
oped CFD and CSM (computational structure method) codes in each fluid and solid
domain because the numerical calculation at each domain can be separated.
In FSI simulation with the ALE algorithm it is critical that CFD needs to be
able to handle the remesh associated with the boundary motion. Fluent or CFX is
a highly specialized CFD code and has all needed functions coupling the structural
mechanics. The structure mechanical code also must be able to handle the elastic
compliant structure with various external boundary conditions. Ansys or Abaqus has
been verified to be able to do the structural calculation in various areas. However,
to accomplish fully two-way FSI simulation, a coupling program between CFD and
CSM is needed to interpolate data across the interaction surface. A coupling program,
i.e., MpCCI (Mesh based parallel code coupling interface) which has been developed
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by the Fraunhofer Institute for Algorithms and Scientific Computing (SCAI) [75]
has been released in order to provide an application-independent interpolation for
coupling different simulation codes. But the default coupling between CFD and CSM
by MpCCI can handle FSI modeling without numerical instability and errors only
in the case that there is a huge difference between the fluid and solid density. For
example, the FSI simulation of airplane wing vibration by the wind could be solved by
above default coupling; however, the interaction between blood flow and the elastic
arterial wall in which their densities are very similar cannot be accomplished with this
coupling method. Due to the intrinsic deficiency of the iterative coupling method, it
is hard to improve numerical stability even with decreasing the coupling time step
between two codes. This problem is called artificial added mass instability [17, 33].
During the calculation it looks like there is a oscillation of the fluid domain if the
overall geometry is updated from the solid domain deformation at each coupling
step. This oscillation often does not converge, and finally the FSI calculation stops
with numerical errors. The oscillation pattern gives the above name to this numerical
instability because it seems that extra mass is acting on the fluid domain and prevents
convergence to the desired domain position.
Several schemes have been developed to solve this phenomenon. But in most
codes for solving multidisciplinary simulation, i.e., ADINA, MSC.Dytran, ANSYS
multi-physics, and CFD-RC, an under-relaxation algorithm is introduced to give a
relaxation factor to prevent the oscillation and aid in convergence to desired shape.
The actual computed displacements xacti are linearly weighted with the value, αunder,





i + (1− αunder)xoldi (15)
Where αunder is the relaxation parameter which is determined from the numerical
situation considering the physical environment. At the initial trial, this value starts
from 1 and gradually is reduced to find the proper value which solves the displacement
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oscillation. In our research, this value is in the range from 0.5 ∼ 0.7 in Ansys mul-
tiphysics using a staggering iterative method. The under-relaxation does not change
the final converged result, it only influences the stability of the coupling process
numerically.
Two commercial codes are used to accomplish FSI numerical modeling of all sub-
jects in this research. The direct method, in which the coupling procedure is not
necessary and there is no need to be concerned about artificial added mass instabil-
ity, is implemented with Comsol (Boston, USA), and staggering iterative method is
accomplished with Ansys multiphysics, which consists of CFX (Fluid solver), Ansys
mechanical (Structural solver) and its own coupling program.
In both approaches the basic setting is common. Blood is treated as a Newto-
nian and incompressible fluid. The free traction boundary condition at CCA inlet is
replaced by the pressure value which was set up in Section 2.2.3 (Fourier Series to
curve fitting) to give the pressure force and cause arterial wall deformation. Mass
flow rates are assigned at ICA/ECA. In previous studies of the carotid artery, it was
found that the blood vessel is not homogeneous and the mechanical response to the
external force is not linear at high strain. However, with rescaled pressure (RP),
which is explained in detail in Section 4.2.2, the geometrical nonlinearity effect is
not significant in this physiological stress range. Also, there is a lack of information
about subject specific structural properties, and we simplify the numerical calculation
by assuming the arterial wall is a homogeneous, isotropic and linear elastic material
with Poisson′s ratio of 0.48. In general, the Young′s modulus of human carotid arter-
ies is between 0.3MPa to 0.5MPa depending on the age and state of arteriosclerosis
[106]. All subjects in our research had a different age and degree of arteriosclerosis,
so we took the approach of using a representative value of Young’s modulus for each
subject. The direct measurement of the dilation in carotid arteries from 126 patients
by Ramnarine et al. [70] was used to determine the Young′s modulus. The dilation
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of the arterial wall reaches up to 0.8mm at the bifurcation of the normal arteries.
Thus, if the peak value of structural deformation of the subject is at this value, the
Young’s modulus at this time is assigned to the subject. For this method, the Young′
modulus of subject 1 is assigned to 0.4MPa, 0.3MPa to subject 2 and 0.5MPa to
subject 3. The ends of the CCA and ICA/ECA are fully constrained, i.e., the x,y
and z coordinates of the mesh points on the cross section are fixed. The time step in
the pulsatile calculation is set as 0.01s in both approaches.
In Comsol, the N-S equations, structural mechanics and ALE moving mesh are
solved simultaneously with a fully coupled nonlinear solver to get the final results at
each time. In constrast, in Ansys multiphysics, CFX is first calculated with the initial
boundary domain, the coupling step is done with the under relaxation method and
the structure is computed with structural governing equations. If all solvers satisfy
the convergence condition at each time step, computation progresses to the next time
point.
4.2 Matching the boundary conditions in vivo
The in-vivo geometry represents a carotid artery under physiological pressure load-
ings, so that the artery is not in a zero mechanical stress and strain state. However,
when the geometry is developed from MR images, it does not have any stress. Thus,
it is necessary to compensate so that the artery after image processing has a represen-
tative in-vivo mechanical stress and strain. One approach is to shrink the geometry
to a state such that when loaded with physiologic pressure, it returns to coincide with
the in-vivo MRI image.
4.2.1 Shrinkage of the artery
4.2.1.1 Shrinkage ratio
An in-vivo artery shrinks if it dissected from the surrounding tissue and removed
from the body. Comparison between in-vivo MR images and ex vivo MR images
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makes it possible to determine the shrinkage ratio in the radial direction and inner
circumferential direction. Such a study was done by Huang et al. [41]. They set up
two geometries from in-vivo MR images and ex vivo MR images from 10 patients and
compared these. They found that the average shrinkage ratios were 25% in axial and
7.9% in inner circumferential direction, respectively.
To accomplish the shrinkage in the axial direction, z coordinates of each point
on the inner wall and outer wall were reduced by the reported axial shrinkage ratio,
referenced to the inlet of the common carotid artery. The x and y coordinates of
each point on the inner wall were shrunk by the reported inner circumferential ratio.
Although the artery is shrunk, the total arterial volume needs to be maintained
from the initial geometry. Thus, the outer wall circumferential shrinkage ratio was
calculated based on mass conservation. The volume calculation and the shrinkage
process was done using Matlab. It should be considered that the wall thickness
ratio between inner wall and outer wall is maintained even though the artery is
shrunk. However, it was found that the relative position of inner wall and outer
wall was distorted due to one-way movement of the shrunk inner wall when the inner
circumferential shrinkage ratio was applied to reduce the inner wall without reference
points (at the outlet of ICA of subject 1 in Fig. 83 (a)). As a consequence, the
wall thickness between moved shrunk inner wall and the outer wall was reduced and
the other side of arterial wall was increased. To overcome the artery distortion due
to the movement of the inner wall by the shrinkage process, reference points must
be set to shrink the artery and keep the wall thickness ratio. The centerline of the
inner wall surface can be used as the reference points and the detailed procedure to
obtain the centerline of each subject with VMTK program which has been developed
by Lucas et al. [1] is explained in an Appendix. When the shrinkage happened in
inner wall and expansion in the outer wall based on the centerline of the artery, the
relative distance between inner wall and outer wall is maintained after the shrinkage
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process was applied (Fig. 83 (b)). The final arterial model is presented in Figs. 37
∼ 39. In each figure the upper diagram shows that centerline of the carotid artery
and the in-vivo geometry, and in the lower two diagrams the in-vivo geometry and
the shrunk model are overlapped and compared to demonstrate how the shrinkage
process influences the geometrical deformation.
4.2.1.2 Limitation of the arterial shrinkage approach
The main reason to shrink the in-vivo artery is so that when the shrunk geometry
is stretched, the stretched geometry matches the in-vivo artery and has a reasonable
initial stress and strain. However, when all subjects in our research were stretched to
recover in-vivo geometry, it was found that severe geometrical distortion happened
at the fixed boundary condition in the radial direction at CCA and ICA/ECA. Most
of all, the geometrical non-planarity between CCA and ICA/ECA and the tortuous
curvature of ICA, both of which give more complex flow patterns in the ICA and
the carotid bulb, are almost gone in Fig. 40. When the ICA/ECA outlet wall was
stretched in the axial direction by 25%, the x and y coordinates on the boundary
condition were set to keep the original coordinates, and this prevents deformation
in the radial direction on the ICA/ECA outlet wall. This boundary setting results
in the shrunk geometry being deformed only in the axial direction. However, when
they were stretched axially with these settings, the geometrical distortion happened
at the end of the ICA/ECA which was not seen in the shrunk process. This distortion
occurs due to mass conservation and the Poisson′ ratio of the structure (Fig. 40).
In this calculation the fully fixed constraint was applied at the CCA inlet because
this gave the numerical stability and also prevented arbitrary motion of the artery.
But this fully constrained condition leads to the geometrical distortion at the end of
CCA, similarly to the end of ICA/ECA. To eliminate geometrical distortion at the
ends of ICA/ECA, the x and y coordinates of this region were allowed to move freely
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(a) The Centerline and In Vivo Geometry of sub-
ject 1 in the Posterior View
(b) In Vivo and Shrunk Artery of subject 1
in the Anterior View
(c) In Vivo and Shrunk Artery of subject 1
in the Lateral View
Figure 37: Subject 1
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(a) The Centerline and In Vivo Geometry of sub-
ject 2 in the Posterior View
(b) In Vivo and Shrunk Artery of subject 2
in the Anterior View
(c) In Vivo and Shrunk Artery of subject 2
in the Lateral View
Figure 38: Subject 2
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(a) The Centerline and In Vivo Geometry of sub-
ject 3 in the Posterior View
(b) In Vivo and Shrunk Artery of subject 3
in the Anterior View
(c) In Vivo and Shrunk Artery of subject 3
in the Lateral View
Figure 39: Subject 3
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Figure 40: The distortion of stretched artery in subject 1
in the radial direction based on the structure calculation. In this case the geometrical
distortion was gone at the end of outlet but the geometrical non-planarity in the
in-vivo artery totally disappeared (Fig. 41). Without the constraint of x and y
coordinates at the end of ICA/ECA, the structure tends to change to minimize the
stress caused by the deformation of the artery. This makes the artery deform to be
more nearly straight than the previous case.
In the research by Huang et al. [41], the final geometry in the FSI simulation had
a small length of around 2cm, with the bifurcation apex as the middle of geometrical
model. This small geometry did not have geometrical non-planarity between the
CCA and ICA/ECA. Thus, they could apply 25% axial elongation without much
geometrical distortion. In another study by Gao et al. [34] a small axial stretch
ratio (10%) was applied to give an initial stress and strain. This small stretch ratio
also helped to reduce the in-vivo geometrical distortion, but still there is a difference
between the in-vivo artery and stretched artery with initial diastole pressure. A
common theme in the above studies was that they looked for the mechanical stress
itself on and around the plaque in the carotid bulb. The shrinkage process is critical
in their research despite the sacrifice of the in-vivo geometry at the diastole. In our
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Figure 41: The distortion of stretched artery in subject 1 with xy free movement
research, determining the structural stress of the arterial wall is not a concerning
factor. Rather, the strain of the arterial wall and the blood flow field based on in-
vivo geometry are the main factors to extract from FSI modeling. For this reason, if
the dilation of the artery matches with the average deformation of carotid artery, it is
not necessary to apply the shrinkage process to give a physiological initial structural
stress. However, if it is critical to get the mechanical stress itself of the artery, a more
developed approach based on the shrinkage process is needed in future research.
4.2.2 Rescaling pressure range
Without the shrinkage process it is still necessary to match the beginning of the
FSI simulation between the physiological pressure and the in-vivo geometry. In our
research the arterial wall is treated as an elastic homogeneous material, thus the
displacement of the blood vessel wall changes linearly with intraluminal pressure
which comes from blood flow. Thus, if FSI simulation with an image processed
in-vivo artery at diastole starts with the physiological diastole pressure (83mmHg)
the arterial wall is dilated from 0mmHg to 83mmHg first and based on this initial
expansion the arterial wall alternates periodically with the pulsatility of the heart
beat. To overcome this drawback it is necessary to reduce the physiological pressure
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range from 83mmHg ∼ 152mmHg to 5mmHg ∼ 74mmHg. The difference between
the minimum and the maximum physiological pressure (PP) is retained but the range
is reduced to match the initial pressure to the image processed in-vivo artery at
diastole. The main reason to set 5mmHg as the beginning of CCA pressure in the
rescaled pressure range is to stabilize the numerical calculation because in the flow
calculation, if 0mmHg is applied at the CCA inlet and the volume flow rate at the
ICA/ECA, the outlet pressure must be below 0mmHg by Navier-Stokes equation
and this negative pressure can cause numerical divergence during FSI calculation.
To avoid negative pressure at the outlets and at the same time not to cause the
geometrical deformation, 5mmHg is chosen as the initial pressure in the rescaled
pressure range.
The increase of domain volume to hold the fluid reduces the velocity in the artery,
due to mass conservation. This also can strengthen the justification of the rescaled
pressure (RP) application. As can be expected, the volume of the artery which
is dilated by physiological pressure has a larger capacity than the volume dilated
by rescaled pressure due to the extra dilation by the initial physiological diastole
pressure. The results of this comparison are shown in Figs. 42 ∼ 46. In each figure,
the time point when the velocity pattern was extracted in the cardiac cycle is seen in
the upper left diagram; and in the upper right, the PC MR contour represents the flow
distribution at the cross section below 10mm proximal to the apex. The results of
FSI with physiological pressure are shown in the lower left, and in the lower right the
results from rescaled pressure are presented. Both are extracted from the cross section
10mm proximal to the bifurcation apex to match PC MR data. In the physiological
pressure case the in-vivo artery is already dilated by the initial diastolic pressure,
thus the total volume of the lumen is larger than the rescaled case. For this reason
the maximum velocity in each time point is lower than the velocity from the rescaled
pressure. At the beginning of systole (BS) the maximum velocity of PP is 10.84cm/s
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(a) Time points (BS, the Beginning of the
Systole)
(b) PC MRI
(c) Physiological Pressure (PP) (d) Rescaled Pressure (RP)
Figure 42: Comparison between Physiological Pressure (PP) FSI and Rescaled Pres-
sure (RP) FSI at the Beginning of Systole (BS) in subject 2
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(a) Time points (PS, the Peak of the Sys-
tole)
(b) PC MRI
(c) Physiological Pressure (PP) (d) Rescaled Pressure (RP)
Figure 43: Comparison between Physiological Pressure (PP) FSI and Rescaled Pres-
sure (RP) FSI at the Peak of Systole (PS) in subject 2
and the maximum velocity of RP is 12.65cm/s. The maximum velocity of PC MR is
very similar to RP results by 12.5cm/s. This trend is present at all time points (Figs.
42 ∼ 46). At the peak of systole (PS) the difference of maximum velocity is more
evident. The peak value of the velocity of PC MR is around 35cm/s, and this value is
very similar to the maximum velocity in the RP (34.94cm/s); however, the maximum
velocity in the PP reaches at most 29.05cm/s. There is a gap of 5cm/s between PC
MR and PP cases because at this time point the in-vivo artery is maximally deformed
by the highest pressure in a cardiac cycle. Thus, the maximum increase of the volume
to hold the fluid reduces the velocity to a lower value.
The comparison of the velocity profile at the cross section between PP and RP also
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(a) Time points (BAD, the Beginning of the
Acceleration in the Diastole)
(b) PC MRI
(c) Physiological Pressure (PP) (d) Rescaled Pressure (RP)
Figure 44: Comparison between Physiological Pressure (PP) FSI and Rescaled Pres-
sure (RP) FSI at the Beginning of Acceleration in Diastole (BAD) in subject 2
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(a) Time points (PD, the Peak of the Dias-
tole)
(b) PC MRI
(c) Physiological Pressure (PP) (d) Rescaled Pressure (RP)
Figure 45: Comparison between Physiological Pressure (PP) FSI and Rescaled Pres-
sure (RP) FSI at the Peak of Diastole (PD) in subject 2
supports the justification of RP application. In general, PC MR supplies the velocity
pattern at the cross section; however, it is not enough to be used for segmentation
of the carotid artery. Steinman et al. [85] compared the results from CFD and PC
MR data. At each time point the core region around the maximum velocity shows a
similar flow pattern. However, away from the core region and approaching the arterial
wall the CFD flow pattern did not follow the same pattern of PC MR exactly. The
deviation was maximized when PC MR were acquired at the bifurcation apex. At
this location, delineation of the outline of the artery is vague, due to poor resolution
of PC MR data by comparison to the CFD results at this region of complex flow
patterns and large movement of arterial wall. The comparison between PC MR and
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(a) Time points (MD, the Minimum flow in
the Diastole)
(b) PC MRI
(c) Physiological Pressure(PP) (d) Rescaled Pressure (RP)
Figure 46: Comparison between Physiological Pressure (PP) FSI and Rescaled Pres-
sure (RP) FSI at Minimum flow in Diastole (MD) in subject 2
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the result from FSI modeling in our research subjects also follows this trend. The
core region around the maximum velocity at each case is similar to the numerical
calculation but does not match all flow patterns over the cross section. On the other
hand, results from the rescaled pressure case are more similar to PC MR data at all
time points, especially at the beginning of acceleration in diastole (BAD) and at the
peak of diastole (PD) in Figs. 44 and 45.
In our research, due to the geometrical distortion by stretching and the mismatch
of peak value and pattern of velocity by extra dilation caused by initial physiological
pressure, the rescaled pressure approach was applied at the CCA inlet to give proper
geometrical deformation with the boundary condition in which the movement of the
surface of CCA and ICA/ECA was fully constrained.
4.3 Results and Discussion
It is necessary to set up the boundary layer to detect shear rate on the surface more
accurately. For this reason this layer is divided into four grid layers on the lumen
surface, and the remaining parts of the flow domain were meshed with tetrahedral
elements by 79, 000 in subject 1, 255, 000 in subject 2 and 191, 000 in subject 3. To
determine the size of grids in the flow domain, blood flow was calculated with the
N-S equations without coupling the arterial wall and the final size was set up when
the maximum value of each hemodynamic factor did not change more than 1%. The
mesh size for the arterial wall also was determined in a similar way, in which wall
structure was calculated without coupling with the blood flow. The final mesh size is
146, 000 in subject 1, 282, 000 in subject 2 and 209, 000 in subject 3, when the change
of structural parameters including the displacement, mechanical stress and strain are
less than 1%. A fully two-way coupled FSI model was calculated during three periods
of the cardiac cycle, and the last period was chosen to visualize the complete data
set.
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4.3.1 Dilation of carotid artery
The distensibility of the arterial wall of each subject is analyzed by comparing the
displacement at maximum and minimum pressures. In Figs. 47 ∼ 49, the upper
(a) The displacement (Anterior) (b) The displacement (Posterior)
(c) Cross section at maximum pressure (d) Cross section at minimum pressure
Figure 47: The dilation at the maximum pressure in subject 1
diagrams represent the displacement of the subjects in an anterior view and posterior
view, and in the lower diagrams the cross section of arterial wall at the site of max-
imum displacement is exhibited to exclude lateral movement and to visualize only
the dilation. The geometry of subject 1 is simple compared to other subjects in our
research. The wall thickness is relatively uniform over the carotid artery, and the
curvature is not dominant in the connection between CCA and ICA/ECA. Most of
all, there is no tortuous curvature in the ICA. For this reason the lateral displace-
ment is not evident in this subject. The maximum displacement happens around the
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bifurcation junction between the CCA and ICA/ECA (Fig. 47 (a)).
(a) The displacement (Anterior) (b) The displacement (Posterior)
(c) Cross section at maximum pressure (d) Cross section at minimum pressure
Figure 48: The dilation at the maximum pressure in subject 2
In subject 2, the irregular in-vivo geometrical features including mild curvature
in the CCA and tortuous curvature in the ICA make the lateral movement to the
left side of the carotid artery. This can be seen in upper diagram of Fig. 48. Higher
displacement is dominant in the carotid bulb. This can be caused by the strong
asymmetry of the flow pattern due to the tortuous curvature of ICA and the mild
stenosis at the beginning of bifurcation and proximal ICA. Maximum displacement is
exhibited around the middle of the connection between CCA and ICA/ECA on the
anterior and posterior side.
Consistent with the previous subject 2, there is a curvature between CCA and
ICA/ECA in subject 3. However, tortuous curvature is present not in the ICA but
86
(a) The displacement (Anterior) (b) The displacement (Posterior)
(c) Cross section at maximum pressure (d) Cross section at minimum pressure
Figure 49: The dilation at the maximum pressure in subject 3
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in the ECA (Fig. 49). In contrast to the previous two subjects, it can be found
that high displacement is exhibited around the ECA due to shallow wall thickness
and out-of-plane curvature. The stenosis is developed at both sides of the bifurcation
outer wall, thus the dilation of arterial wall is not dominant in subject 3 (Fig. 49 (c),
(d)); and this stenosis has maximum displacement taking place on the posterior side.
4.3.2 Flow patterns
Several cross sections are selected in the carotid artery to represent the flow patterns.
This selection consists of four sites, i.e., CCA, middle of bifurcation, bifurcation apex
and after the bifurcation apex. In the beginning of acceleration in diastole it is found
that the flow pattern at this phase shows the most complex and complicated patterns.
For this reason, the detailed velocity distribution at this time point on the selected
cross section is presented in Figs. 50, 53, 56.
In subject 1, the flow pattern is less dynamic due to the simple geometric features
including no evident curvature in the CCA. For this reason, reverse flow is restricted
to the outer wall of ECA around the bifurcation apex (Fig. 50 (c)) for an entire
cycle, and fully developed flow patterns are observed in the CCA. However, at the
beginning of the bifurcation low velocity flow is present on the luminal surface around
the connection of CCA and ICA/ECA due to the expansion of this area. Most of all,
even in the diastolic phase there is no evident vortex flow pattern downstream of the
carotid bulb in this subject. To demonstrate the effect of wall distensibility on flow
patterns the detailed velocity field based on the rigid body assumption is exhibited
in Fig. 51, and the flow patterns with FSI model are presented in Fig. 52. The cross
section was chosen at the site where the maximum displacement took place, and
several time points were selected to represent the flow pattern change over a cardiac
cycle. The exact time points including the beginning of systole (BS), peak of systole
(PS), the beginning of acceleration in diastole (BAD), peak of diastole (PD) and
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(a)
(b) After the bifurcation apex (c) Bifurcation Apex
(d) Middle of bifurcation (e) CCA





Figure 51: The flow pattern of subject 1 on rigid body assumption at selected phase





Figure 52: The flow pattern of subject 1 with FSI at selected phase in a cardiac cycle
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minimum flow in diastole (MD) can be seen at the lower last diagram in each figure.
Through a comparison between rigid body and FSI models it is found that global
flow characteristics are very similar except that the strength of the recirculation and
the maximum velocity magnitude are different between the two cases. The maximum
velocity for the rigid body case is higher than that of FSI because the total volume
available to hold the fluid is extended by the intraluminal pressure on the compliant
arterial wall. This trend is observed at all selected time points. At the BAD, the
recirculation in the region immediately proximal to the ECA (Fig. 52 (c)) increases
somewhat in the FSI model. In each case, the reverse flow at the BAD in diastole is
more developed than at the minimum flow in diastole, even though the flow rate at
this time point is larger than the minimum flow.
In Fig. 53, the detailed flow field on the selected cross section in subject 2 at
the BAD is presented. The geometrical features of this subject are more complicated
than in subject 1. There is a severe curvature in the ICA and a mild stenosis in
the beginning of the bifurcation proximal to the ICA. For this reason, strong and
evident reverse flow and recirculation are observed downstream of the stenosis (Fig.
53 (d)). In the carotid bulb a helical complex flow pattern, accompanied by single
vortex motion, is present at the outer wall. In contrast to the flow field in the ECA
of subject 1, there is a mild recirculation at the outer wall and this pattern induces
asymmetry in the ECA even far away from the flow divider (Fig. 53 (b)). In the
CCA fully developed flow is present even though there is an out-of-plane moderate
curvature between CCA and ICA/ECA. Consistent with the comparison between
rigid body and FSI models in subject 1, the global flow features are similar in these
two cases except for the strength of recirculation and the occurrence of reverse flow.
In the rigid body model, there is no reverse flow at the maximum flow rate, however,
there is a small reverse flow near the wall in the FSI model (Fig. 55 (b)). In contrast
small reverse flow can be seen in the rigid body case at the minimum flow phase, but
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(a)
(b) After the bifurcation apex (c) Bifurcation Apex
(d) Middle of bifurcation (e) CCA





Figure 54: The flow pattern of subject 2 on rigid body assumption at selected phase





Figure 55: The flow pattern of subject 2 with FSI at selected phase in a cardiac cycle
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no reverse flow is apparent in the FSI model. At the BAD, the area of recirculation
is extended to the core of the main flow and at the same time this motion causes
stronger reverse flow patterns than the rigid body model downstream of the stenosis
and in the proximal ICA (Fig. 55 (c)).
In subject 3, there is no tortuous curvature in the ICA but the curvature in the
CCA shows non-planarity. The stenosis is evident in the entrances of ICA and ECA
on the anterior side (Fig. 9). This geometrical feature stimulates the occurrence of
complex flow fields in both of ICA and ECA (Fig. 65 (a)). The detailed flow pattern
on a selected cross section is shown in Fig. 56 at the beginning of the acceleration
phase in diastole. The curvature in the CCA yields asymmetrical flow patterns.
On the middle of the bifurcation, flow is skewed to the posterior side of the wall,
inducing a vortex flow at the entrance of the ICA, and this yields reverse flow on
the opposite side. Downstream of both stenoses there is a recirculation, and this
pattern extends into the entrance of ICA and ECA; thus at the bifurcation apex, a
vortex and reverse flow are observed at the anterior side of the wall. The spiraling
flow pattern with single vortex motion downstream of ICA and ECA exhibits even
beyond the bifurcation apex (Fig. 56 (b), (c)). As with the previous subjects 1 and
2, high velocity is present at the flow divider in the inner wall of the bifurcation apex.
Consistent with the comparison between rigid body and FSI model of subject 1 and
2, the global flow characteristics remain unchanged, however, it still has transient and
spatial differences between the two cases. At the time of maximum flow the reverse
flow area is present on the anterior side in the proximal ICA in the FSI model (Fig.
58 (b)), but it cannot be found in the rigid model (Fig. 57 (b)). However, at the time
of minimum flow rate, a stronger vortex and an increase in recirculation is observed
in the rigid body calculation. At the BAD, it can be shown that a strong vortex and
recirculation develops on both anterior sides of the connection of CCA and ICA/ECA
in both models (Fig. 57 (c), 58 (c)). In all phases, the maximum velocity in the rigid
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(a)
(b) After the bifurcation apex (c) Bifurcation Apex
(d) Middle of bifurcation (e) CCA





Figure 57: The flow pattern of subject 3 on rigid body assumption at selected phase





Figure 58: The flow pattern of subject 3 with FSI at selected phase in a cardiac cycle
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(a) FSI Anterior (b) FSI Posterior
(c) Rigid Anterior (d) Rigid Posterior
Figure 59: Comparison of wall shear stress at the maximum flow in subject 1
body model is higher than in the FSI case due to the expansion of the compliant
arterial wall which leads to extra volume.
4.3.3 Wall shear stress
Wall shear stress is influenced primarily by the flow pattern thus the distribution of
wall shear stress follows the similar trend of the flow pattern in rigid body and FSI
models. In each subject WSS arising from the two models at maximum flow in systole
and minimum flow in diastole is compared to determine the effect of wall distensibility.
In subject 1, at the maximum flow rate, it can be shown that low WSS (below 0.5Pa)
in the FSI model is present at the beginning of carotid bulb and at the anterior side
of the connection between CCA and ECA. However, there is no comparable low WSS
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(a) FSI Anterior (b) FSI Posterior
(c) Rigid Anterior (d) Rigid Posterior
Figure 60: Comparison of wall shear stress at the minimum flow in subject 1
in the rigid arterial model (Fig. 59). Through comparison between the lowest WSS
region in each case the compliant arterial wall induces a reduction of WSS by as much
as 100% (Fig. 59 (a), (c)). In both cases, at maximum flow phase, there is no LWSS
(Low WSS) at the posterior side of subject 1. In the minimum flow rate state, the
distribution of LWSS is similar between both cases, in which the lowest WSS is shown
at the anterior side and outer wall of the ECA around the connection between CCA
and ECA (Fig. 60).
The lateral movement of the arterial wall due to the asymmetrical geometrical
features in subject 2, including the stenosis at the entrance of carotid bulb and tor-
tuous curvature of ICA, leads to a helical flow pattern in the carotid sinus distal to
the stenosis. Thus, it can be expected that LWSS is dominant in the ICA and a
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(a) FSI Anterior (b) FSI Posterior
(c) Rigid Anterior (d) Rigid Posterior
Figure 61: Comparison of wall shear stress at the maximum flow in subject 2
relatively higher WSS in the ECA. The consequences of WSS in both models support
this expectation, as shown in Figs. 61, 62. At the maximum flow in systole, there
is no LWSS region in the ECA, however, on the downstream of the stenosis to the
superior direction to ICA, LWSS covers most of area of the carotid bulb including
the wall of the flow divider right after the bifurcation apex. In general, the wall of
the flow divider experiences high WSS around the bifurcation apex, but the tortuous
curvature of ICA and the non planarity between CCA and ICA/ECA brings about
the asymmetric single core vortex after the bifurcation apex, and this makes LWSS
exhibit on this sites in contrast to the high WSS in the ECA (Fig. 61). The wall
shear stress distribution exhibits a similar trend between rigid body model and FSI
except the size of covered area by LWSS due to the wall expansion, which causes the
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(a) FSI Anterior (b) FSI Posterior
(c) Rigid Anterior (d) Rigid Posterior
Figure 62: Comparison of wall shear stress at the minimum flow in subject 2
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(a) FSI Anterior (b) FSI Posterior
(c) Rigid Anterior (d) Rigid Posterior
Figure 63: Comparison of wall shear stress at the maximum flow in subject 3
velocity to decrease instantaneously at maximum flow phase. In the minimum flow
phase, the LWSS is extended into the region upstream of the stenosis in CCA and is
present at the connection of CCA and ICA/ECA on the anterior and posterior sides
(Fig. 62). LWSS is observed at the entrance of ECA and CCA, which is not found
in the maximum flow phase.
At maximum flow in the FSI model the LWSS covers more area due to the wall
distensibility, and this trend is also found in subject 3, consistent with findings in
subjects 1 and 2. LWSS in FSI model is observed downstream of the stenosis at the
entrance of the ICA, and it extends to the posterior side of CCA (Fig. 63). In the
rigid body case LWSS is present at the same site even though the size is reduced by
around half and there is no dominant LWSS region in the CCA posterior side. At
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(a) FSI Anterior (b) FSI Posterior
(c) Rigid Anterior (d) Rigid Posterior
Figure 64: Comparison of wall shear stress at the minimum flow in subject 3
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the entrance of ECA, LWSS also can be found due to the sudden expansion of area,
however, this is very restricted to right after the stenosis. In the minimum phase
it is hard to find difference of the distribution of WSS in both cases except on the
posterior side of the CCA. The LWSS area extends to the entrance of CCA and covers
most of the carotid bulb. Downstream of the stenosis around the entrance of ECA,
also shows that LWSS is dominant in this region.
The streamlines which were calculated from the inlet of the CCA at the BAD
demonstrate that complex helical flow patterns prevail in most of the region in subject
3, including at the posterior side of the CCA, downstream of the stenosis proximal
to the entrance of ECA, and downstream of the stenosis in the carotid sinus (Fig.
65 (a)). To demonstrate that LWSS regions experience the oscillation of WSS with
various magnitude and direction, WSS vectors which are taken from above the three
locations (Fig. 65 (b)), are visualized in a cardiac cycle. 3D vectors are projected into
the principal plane in which two WSS vector components are dominant to the other
component and the cartesian coordinates of each vector are transformed to polar
coordinates. The result of these vector distributions shows that WSS oscillates with
varying direction and magnitude in these regions (Fig. 65 (c),(d),(e)) and this suggests
the possibility that the physiological response of endothelium to the formation of leaky
junctions is not simply in the case of only considering LWSS. The oscillation effect
on the incidence of apoptosis and mitosis should also be considered if experimental
evidence exists to support this.
It is not easy to make general statements on the effects of wall distensibility upon
general WSS patterns because WSS changes transiently and spatially with geomet-
rical characteristics in each subject. However, the intraluminal pressure acts on the
compliant arterial wall, and this leads to an expansion of the lumen space contain-
ing the fluid and finally brings about a velocity decrease which, in turn, tend to
cause lower shear rate at the surface. For this reason, the difference of WSS in the
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(a) Streamlines from the CCA of subject 3 at BAD
(b) The location of WSS vector taken (c) Downstream of stenosis in carotid sinus
(d) Downstream of stenosis proximal to the en-
trance of ECA
(e) Posterior side of the CCA
Figure 65: Oscillation of WSS vector at low WSS regions of subject 3
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specific location and time between rigid body and FSI model is more evident when
the displacement is maximized by the pressure. This can be seen in all subjects in
our research. At the same site the area covered by LWSS regions in the rigid body
assumption are enlarged and the magnitude is reduced as much as over 100% when
this site is distended by the pressure. This is not apparent at the minimum flow rate
in diastole due to lower pressure, but WSS differences still can be seen in comparing
LWSS regions. This result is supported by previous research done by other FSI exper-
iment and computational calculation. Perktold et al. [67] calculated the WSS based
on an ideal carotid bifurcation model using FSI method, and they found that WSS
was reduced by 25% due to the wall distensibility. Anayiotos et al. [3] measured the
wall velocity near the wall using laser doppler velocimetry from carotid bifurcation
models with rigid and compliant walls which had the same internal configuration.
WSS calculated from these measurements showed that time averaged WSS from the
compliant wall dropped about 30% compared to rigid wall model, and they also found
that in some locations instantaneous WSS alterations by the wall expansion reached
as much as 100%. This observation is consistent with our research results.
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CHAPTER V
LDL MASS FLUX AND VOLUME FLUX THROUGH THE
ENDOTHELIUM
5.1 Fraction of leaky junction and three pathways
In previous research on mass transfer it has been found that the permeability of LDL
and the filtration flow are critical for determining the LDL distribution qualitatively
and quantitatively on the surface between lumen and endothelium. On the endothe-
lium, the permeability and the filtration flow were treated as though these parameters
have constant values over the surface, without considering that the mechanical envi-
ronment affects the endothelium and arterial wall, which may cause these parameters
change locally as a result.
The endothelium is a major resistance to LDL mass transfer from the lumen
to arterial walls. LDL cannot pass through paracellular pathways because the size
of LDL is too large to pass through tight junctions between endothelial cells. For
this reason the major pathway for LDL particle transport is through so-called leaky
junctions by convective filtration flow caused by the pressure gradient in the arterial
wall [14, 15, 99]. Leaky junction formation depends on apoptosis and mitosis of
endothelial cells, and the incidence of cellular death and proliferation is related to the
mechanical environment. To elucidate causal relationships for the effect of mechanical
force on LDL mass transport via the leaky junction pathway it is essential to develop
biological evidences and experimental results and construct a theoretical model. Even
though hypertension [102] and cyclic mechanical strain [59] have been recognized as
possibly affecting the increase of the incidence of leaky junctions, there is inadequate
information to support a theoretical model. In contrast, the relationship of WSS
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Figure 66: Three pathways through the endothelium [65]
(wall shear stress) with LDL mass transport has been examined through in-vivo and
in-vitro studies, and it is found that the incidence of leaky junctions changes with the
amount of wall shear stress acting upon endothelial cells. In the vasculature, greater
formation of leaky junctions has been observed at sites where LWSS is present, i.e.,
bifurcations and curvatures. Macromolecule mass transport through the endothelium
is enhanced at these locations by plasma filtration flow via leaky junctions. For
this reason it is not enough to assume constant permeability of LDL on a subject
specific arterial model because the variation of wall shear stress causes change in the
occurrence of leaky junction formation, which in turn leads to variations in solute flux.
There is little research to define precise mechanisms between WSS and leaky junction
formation on the endothelium. Thus, it is critical to set up a mathematical model
for the computational study based on experimental results about the physiological
adaptation of endothelial cells to WSS and the incidence of apoptosis and mitosis
after endothelial cell reaction to WSS. This approach has been taken by Olgac et al.
[65].
These investigators consider LDL mass transport across the endothelium to con-
sists of three pathways, vesicular transcytosis, flux through normal junctions, and
flux through leaky junctions. Most macromolecule mass transport investigations
[2, 29, 49, 68, 81, 86, 96] treat the endothelium as having a single pathway. However,
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in their research the contribution of each pathway to solute flux and volume flux
was determined and the role of leaky junctions in LDL mass transport was examined
more detail. To overcome the lack of knowledge of no direct physiological causal
relationship between leaky junctions and wall shear stress they set up the concept of
the fraction of leaky junctions (φ), which is defined as the ratio of the area occupied
by leaky cells to the total area of cells. Based on published biological experimental
data they formulated a quantitative mathematical model to link the local fraction of
leaky junction and local wall shear stress as seen in Eqn. (16).
SI = 0.380e−0.790WSS + 0.225e−0.043WSS
#MC = 0.003797e14.75SI




where SI is the shape index of endothelial cells and represents the alignment of these
cells under local wall shear stress, #MC is the number of mitotic cells at the regions
with specific shape index observed by Chien et al. [22], #LC is the number of leaky
cells which is correlated with the number of mitotic cells. Finally the local fraction of
leaky junction is assigned based on the number of leaky cells in the unit area. After
obtaining the fraction of leaky junction, transport properties of normal junction and
leaky junction, i.e., hydraulic conductivity, LDL diffusive permeability, the reflection
coefficient of particle, were computed using pore theory. More detailed background
of pore theory can be found in Olgac et al. [65].
In LDL mass transport research, an electrical circuit concept has been utilized
to acquire the filtration flow in the arterial wall, in which the pressure gradient be-
tween endothelium and the interface to the media-adventitia acts as the moving force
for plasma flow in the porous media, and the overall resistance is replaced by the
contribution from each structure, i.e., endothelium, IEL and media to filtration flow
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Figure 67: Electrical circuit anal-
ogy to the volume flux [65].
Pl
end,Pw
end and Padv are the pres-
sure at the lumen on the endothe-
lium, at the wall side of below en-
dothelium and at the interface of
the media and adventitia.
[2, 68]. Fig. 67 illustrates how they calculate the volume flux (Jv,i) for each pathway.
The resistance of endothlelium and IEL is represented by the inverse of the hydraulic
conductivity of leaky junction (Lp,lj) and normal junction (Lp,nj) at the site, which
is obtained by pore theory based on the local fraction of leaky junctions. The latter
is set up as a constant value and works as the resistance to filtration flow through
normal junctions. In the media region, the filtration is determined by the wall thick-
ness (t) and the permeability of the media structure, which has been recognized as
Darcy′s permeability (KD).
In general, to obtain the filtration flow it is necessary to set up the governing
equation for flow in the porous medium. Several models, i.e., Darcy′s law [49, 65, 86],
Brinkman′s model [81, 96] and homogenized Navier-Stokes equations [2], have been
suggested to implement the filtration flow calculation. In the arterial wall environment
Darcy′s law model (Eqn. (18)) is a appropriate model for filtration flow because the
corresponding Re is much less than 1 and accordingly transient effects of flow are
negligible [86]. In our research, wall thickness is obtained from black blood MRI image
processing and Darcy′s permeability is assigned as 2.0 × 10−18m2 [2]. The luminal
pressure Pw
end is set as 120mmHg which is a middle value of the physiological pressure
range applied in FSI calculation and 30mmHg is chosen as the pressure boundary
condition at the media-adventitia interface Padv [2]. Thus, 90mmHg was applied as
the actual pressure difference (∇P ) to induce the filtration flow. The plasma viscosity
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Figure 68: Volume flux at each pathway in 2D stenosis [65]
is less viscous than the bulk blood flow and taken as 7.2×10−4Pa·s [26].
The verification of this approach using a 2D stenotic arterial geometry, which is
simple but can produce key flow field features including recirculation, demonstrates
the importance of the WSS dependent feature in plasma flow as shown in Fig. 68. The
results of volume flux through normal and leaky junctions show that in the vicinity
of the reattachment point (z∗ = 7) where the lowest WSS is present, the volume flux
through leaky junctions increases. In contrast, volume flux through normal junctions
decreases because the formation of leaky junctions enhances hydraulic conductivity
of this pathway, which means the resistance to movement of filtration flow is reduced.
However, total volume flux is not influenced significantly by leaky junction formation,
supporting the fact that the cleft in the normal junction is a main passage for plasma
flow [91]. Total volume flux is dependent on the wall thickness, and this also can be
found through total volume change in the stenosis region in which total filtration flow
decreases as wall thickness become greater. For this reason, it is necessary to include
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in-vivo arterial wall thickness from MRI.
To obtain LDL mass flux into the intima the apparent permeability Peapp needs to
be calculated because mass flux is determined by the multiplication of Peapp and the
concentration of LDL in the lumen. As already mentioned, an LDL particle cannot
move into the intima via a normal junction, and thus the contribution of normal
junctions to the permeability of endothelium to LDL (Peapp
NR), is not included for
LDL pathways. Local WSS effects on the permeability via transcytosis, Petrans, is
also negligible based on the observation by Cancel et al. [14]. Thus, the distribution
of Peapp is determined primarily by the apparent permeability of leaky junction,
Peapp
LK , which consists of the convective effect of volume flux through leaky junctions
(Jv,lj), and the diffusion effect of LDL concentration at the pore entrance. This
approach finally makes it possible to consider local WSS effects on the apparent
permeability of endothelium to LDL particles.
It should be noted that in our research, mass transport with in the arterial wall
itself is not considered due to the consequences of various theoretical and experimen-
tal studies of LDL [2, 65, 68, 86, 87]. While it would be interesting to model the LDL
concentration across the arterial wall, it is found that high mass flux on the endothe-
lium leads to high concentration in the intima and, sequentially, in the media. This
concentration pattern follows a smooth curve in which the concentration decreases
gradually from the wall side of endothelium to the interface of media-adventitia [58].
Even though a slight rise of LDL concentration is observed in the intima in a multi-
layered model compared with the single-layered case, the general trend remains un-
changed [68]. For this reason, mass flux distribution is considered as the indicator
to show the possible sites for plaque formations in our research. Therefore, based on
time averaged WSS from FSI calculations, the mechanism suggested by Olgac is im-
plemented with Matlab and the result is visualized by CFX post (Ansys, Canonsburg,
PA).
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5.2 Results and Discussion
5.2.1 Time averaged WSS from FSI
The characteristic time scale of the pulsatility of blood flow is on the order of one
second compared with a time on the order of hours required for many forms of en-
dothelial cell response to shear stress, such as cell alignment with flow and adhesion
molecule expression. In the experiment which is utilized to extract a mathematical
relationship between WSS and the fraction of leaky junction, the endothelial cell lay-
ers were exposed to shear stress for enough time to induce the cell response. For
this reason, it is reasonable to calculate time averaged WSS in a cardiac period and
obtain the formation of leaky junctions with respect to this value.
In Figs. 69 ∼ 71, TAWSSs (time averaged WSS) which come from FSI and
rigid body simulations are presented and visualized based on the inner wall of each
subject. In all subjects, the global trend of TAWSS distribution in both models
is similar. However, arterial deformation caused by intraluminal pressure decreases
TAWSS of FSI model. The influence of wall distensibility can be seen in the lower
diagram in each figure by the percentage difference between TAWSS in two cases.
A positive percentage value means that TAWSS of the rigid body model is larger,
typically due to wall expansion causing a lower TAWSS for the FSI case. In contrast,
a negative value means that TAWSS of the FSI model is higher than that of rigid
body assumption.
In subject 1, which shows the simplest geometrical features in our research,
TAWSS of the rigid body model is reduced by 20 ∼ 30% by comparison with the
FSI model with some parts experiencing over 50% change in the CCA and the be-
ginning of bifurcation around the entrance of ICA/ECA. However, in subject 2 and
3 which exhibits more complex geometrical characteristics compared with subject 1,
TAWSS of FSI is higher than rigid case in the area around the stenosis. Just distal
to the stenosis, TAWSS in the FSI model is higher by about double, even though
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(a) FSI Anterior (b) FSI Posterior
(c) Rigid Anterior (d) Rigid Posterior
(e) Difference(%) Anterior (f) Difference(%) Posterior
Figure 69: Comparison of time averaged Wall Shear Stress in subject 1
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the majority of the CCA and other parts of the ICA/ECA, (excluding the beginning
of bifurcation around proximal to each entrance of the ICA/ECA) follows the same
trend in subject 1 in which wall distensibility decreases TAWSS by comparison to
the rigid body model by 20 ∼ 30 % (Fig. 70). For subject 2, high TAWSS of the
FSI case compared with the rigid model around the stenosis can be accounted for
by the effect of tortuous curvature of the ICA and the development of IMT. This
WSS profile is also observed in subject 3 in which there is a relatively severe stenosis
around the junction of CCA and ICA and a lesser stenosis around the CCA and ECA
(Fig. 74). Just distal to the stenosis, negative values for the difference of TAWSS
are present, and this means that in the FSI model, TAWSS of this site is higher than
the rigid body case. In this subject, at the side of stenosis which experiences the
most deformation of the arterial wall (Fig. 49), TAWSS of the rigid body model is
reduced by 20 ∼ 30% consistent with subjects 1 and 2. However, the majority of
the CCA and most areas of the ICA and ECA exhibit around 10 ∼ 15% reduction
of TAWSS. The relatively small reduction of TAWSS can be explained by high wall
thickness of this subject. On the other hand, with subject 1 and 2, IMT develops in
the CCA and most of the ICA/ECA, including the junction of CCA and ICA/ECA.
This hinders the expansion of the arterial wall and thus the difference of TAWSS of
two cases shows relatively slight change, in contrast with the other subjects.
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(a) FSI Anterior (b) FSI Posterior
(c) Rigid Anterior (d) Rigid Posterior
(e) Difference(%) Anterior (f) Difference(%) Posterior
Figure 70: Comparison of time averaged Wall Shear Stress in subject 2
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(a) FSI Anterior (b) FSI Posterior
(c) Rigid Anterior (d) Rigid Posterior
(e) Difference(%) Anterior (f) Difference(%) Posterior
Figure 71: Comparison of time averaged Wall Shear Stress in subject 3
119
(a) Wall thickness (Anterior View) (b) Wall thickness (Posterior View)
(c) Wall thickness (Right View) (d) Wall thickness (Left View)
Figure 72: Wall thickness in subject 1
5.2.2 Wall thickness
Wall thickness is calculated in a way similar to that is used to obtain the radius from
the centerline of the shrinkage process in chapter 4. Based on the grid points on the
inner wall, the shortest length is determined by comparing the distance from inner
wall grid points to outer wall. This shortest distance is chosen as the definition of
wall thickness, and this value is visualized based on the inner wall at diastole state
in Figs. 72 ∼ 74.
The measurements in healthy human subjects by Zhao et al. [106] indicate the
range of wall thickness of the CCA to be around 0.6 ∼ 0.8mm, which is 10% of the
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(a) Wall thickness (Anterior View) (b) Wall thickness (Posterior View)
(c) Wall thickness (Right View) (d) Wall thickness (Left View)
Figure 73: Wall thickness in subject 2
diameter of common carotid artery. However, depending on individual, the distribu-
tion of wall thickness may vary from this value, and in general being larger with older
subjects. The research of Steinman et al. [84] using black blood MRI to construct in-
vivo artery reveals that wall thickness in most of the CCA is around 1mm and at the
junction of the CCA and ICA/ECA, except for the stenosis, wall thickness increases
to 1.5 ∼ 2mm in the human carotid artery. This wall thickness (WT) distribution is
in consistent with observations in our research.
In subject 1, WT in the majority of the CCA and ICA/ECA is in the range of
0.6 to 1.0mm, however, obvious IMT progression is found (2.0mm) at the junction
of the CCA and ICA proximal to the entrance of ICA (Fig. 72 (c)). Wall thickness
increases somewhat at the beginning of the bifurcation on both anterior and posterior
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(a) Wall thickness (Anterior View) (b) Wall thickness (Posterior View)
(c) Wall thickness (Right View) (d) Wall thickness (Left View)
Figure 74: Wall thickness in subject 3
sides of this subject. In subject 2, a mild stenosis is present at the entrance of the
ICA around the junction of the CCA and ICA, and it increases up to 3.2mm. Due
to geometrical features of this subject, in which there is a tortuous curvature in the
ICA, IMT progression is more dominant around the beginning of bifurcation and in
the ICA, including the stenosis. Except for the aforementioned segments the wall
thickness is in the range of 0.6mm to 1.0mm.
In subject 3, the curvature in the CCA induces asymmetrical flow patterns and
these lead to LWSS on the posterior side of the CCA (Fig. 56). For this reason,
in contrast with subjects 1 and 2, high wall thickness is observed at this site. The
majority of the carotid artery except for the ECA and a small portion of the ICA
and CCA is over 1.5mm in wall thickness. The most severe stenosis (4.0mm) in our
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research is present at the entrance of the ICA. And mild stenosis is found at the
entrance of the ECA which is not observed in other subjects in this research.
5.2.3 Mass and volume flux
To obtain the volume flux through leaky junctions, the fraction of leaky junction
needs to be determined from local wall shear stress (WSS). In our research WSS is
extracted from TAWSS of the FSI model. Using the suggested approach by Olgac
et al. [65] (Eqn. (16)), the fraction of leaky junction (φ) is obtained from TAWSS
on the luminal surface, and mass and volume flux is calculated based on φ and is
visualized in Figs. 75 ∼ 77.
Over the majority of the carotid artery, the overall volume flux (Jv) is in the range
between 1.0 × 10−8 ∼ 2.0 × 10−8 ms−1 in subject 1, except for IMT progression
regions because the resistance to the transmural flow of plasma is dependent on the
wall thickness (Fig. 68). This range seems acceptable based on measurements by
Meyer et al. [58]. In their study, the volume flux of a straight segment of rabbit
thoracic aorta was observed, and they found the filtration was 1.78 × 10−8 ms−1
when the luminal surface was pressurized by 70mmHg. This range is also supported
by the theoretical research with a multi-layered model by Prosi et al. [68]. They
showed that when the pressure difference between the endothelial surface and the
interface of the media and adventitia is 70mmHg, the corresponding filtration flow
is 1.76 × 10−8 ms−1.
In subject 2, the pattern of total filtration is similar to subject 1. Except for
the stenosis and IMT development regions, the overall filtration (Jv=Jv,lj+Jv,nj) is
in the range between 1.0 × 10−8 ∼ 2.0 × 10−8 ms−1. Most of all, the maximum
filtration value (2.82 × 10−8 ms−1) in this subject is very similar to the measurements
conducted by Tedgui et al. [92] in which the total transmural flow is 2.8 × 10−8 ms−1
when the rabbit aorta was pressurized by 70mmHg intraluminal pressure. However,
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(a) Volume flux through leaky junctions (An-
terior View)
(b) Volume flux through leaky junctions (Pos-
terior View)
(c) Volume flux through normal junctions (An-
terior View)
(d) Volume flux through normal junctions
(Posterior View)
(e) Mass flux on the endothelium (Anterior
View)
(f) Mass flux on the endothelium (Posterior
View)
Figure 75: Mass and volume flux into the endothelium of subject 1
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the total filtration flow in the majority of the carotid artery in subject 3 is lower and
in the range between 1.0 × 10−8 ∼ 1.5 × 10−8 ms−1. This can be explained by the
greater IMT development in this subject which acts as increased resistance to plasma
flow in the arterial wall.
The filtration flow through the leaky junctions is meaningful to LDL particles
passing through the endothelium because the majority of LDL is carried with the
convective filtration flow caused by the pressure gradient, except for a small portion
of transcytosis contribution to LDL movement. For this reason it is necessary to
separate the plasma flow through each pathways, i.e., cleft in the normal junctions
and leaky junctions, which are induced by cell death or proliferation. In Fig. 75, the
volume flux via normal (Jv,nj) and leaky junctions (Jv,lj) and mass flux (Js) which is
related with the volume flux via leaky junction is visualized in subject 1. The region
experiencing high volume flux via leaky junctions is limited to a small region proximal
to ECA entrance. This can be explained by the size of LWSS region. The geometry
of this carotid artery is relatively simple compared with subjects 2 and 3, and this
leads simpler flow patterns. The simpler flows also result in a higher TAWSS over
most of the luminal surface except for the aforementioned site (Fig. 69).
By comparison of the pattern of Js and Jv,lj in each subject, it is convincing that
the overall apparent permeability Peapp is decided by the leaky junction formation
and the volume flux through this pathway because the distributions of these param-
eters are similar in carotid artery. In other words, at low WSS regions the increase
of apoptosis and mitosis rate extends the formation of leaky junctions. Accordingly,
more LDL particles can enter into the intima via this gap; and finally, this phe-
nomenon is represented by the increase of the permeabiltiy of endothlelium to LDL.
The magnitude of mass flux and its distribution is very different in each subject.
Mass flux proximal to the ECA entrance in subject 1 is 14.0 × 10−13 mol/m2·s (Fig.
75 (e)), which is half of the value compared with subjects 2 and 3. In subject 2, max-
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(a) Volume flux through leaky junctions (An-
terior View)
(b) Volume flux through leaky junctions (Pos-
terior View)
(c) Volume flux through normal junctions (An-
terior View)
(d) Volume flux through normal junctions
(Posterior View)
(e) Mass flux on the endothelium (Anterior
View)
(f) Mass flux on the endothelium (Posterior
View)
Figure 76: Mass and volume flux into the endothelium of subject 2
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imum mass flux is observed in the carotid bulb distal to the stenosis (26.0 × 10−13
mol/m2·s) and most regions of the carotid bulb and the junction of the CCA and
ICA/ECA are subjected to high mass flux of LDL particles. This region is coincident
with low TAWSS regions in Fig. 70 and is similar to the distribution of the volume
flux via leaky junctions. The distribution of the volume flux via normal junctions
(Jv,nj) exhibits the role of wall thickness as the major resistance to the flow. As seen
in 2D stenosis model (Fig. 68), Jv,nj is reduced rapidly at the stenosis region due to
the dominant role of cleft in normal junctions to pass plasma fluid (Figs. 76, 77).
In subject 3, maximum mass flux is less than in subject 2 because IMT developed
more than in subject 2; however, the region experiencing high mass flux is largest,
including carotid bulb, the junction of the CCA and ICA/ECA and the posterior
side of the CCA. Severe curvature in the CCA creates asymmetric flow patterns and
this leads the posterior side of the CCA to be exposed to low TAWSS. Geometrical
non-planarity and the area expansion at the junction of the CCA and ICA/ECA also
induce the formation of low TAWSS (Fig. 71). The enhancement of the volume flux
via leaky junctions by low WSS leads to the increase of the apparent permeability
(Peapp) at this site, and accordingly high mass flux can be observed in Fig. 77 (e),
(f).
The research done by Sang et al. [74] tested which hemodynamic wall parameters
(HWP) had the best potential to predict endothelial dysfunction using subject specific
CFD with MRI from 50 normal carotid arteries. It was found that among these
indicators excepting RRT (relative residence time which is actually inversely related
to TAWSS), TAWSS is a basic indicator related to other HWP and is recommended as
a standard of measurement to predict regions prone to plaque formations. However,
TAWSS alone is not enough to indicate which areas will progress and enlarge the
plaque formation in FSI model because low TAWSS of FSI simulation covers most
part of bifurcation junction including the stenosis which occurs at the entrance of the
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(a) Volume flux through leaky junctions (An-
terior View)
(b) Volume flux through leaky junctions (Pos-
terior View)
(c) Volume flux through normal junctions (An-
terior View)
(d) Volume flux through normal junctions
(Posterior View)
(e) Mass flux on the endothelium (Anterior
View)
(f) Mass flux on the endothelium (Posterior
View)
Figure 77: Mass and volume flux into the endothelium of subject 3
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ICA and ECA and extends into the CCA regions [84]. TAWSS distribution in our
research is consistent with this pattern. In subject 2 and 3, low TAWSS regions also
cover the majority of carotid bulb and the junction of the CCA and ICA/ECA and
spread over the stenosis, extending to most of the posterior side of the CCA (Figs. 70,
71). The insufficiency of TAWSS as indicator is supported by the clinical observation
by Smedby et al. [79], in which most of atherosclerotic plaque progression is found
in the downstream of the stenosis in human femoral arteries. Based on the findings
in our subjects, mass flux may be a predictor to show the plaque formation in the
artery because it deals with direct LDL particle movement through the endothelium
and maximum mass flux is present distal to the stenosis in the carotid bulb and it
is also found proximal to the ECA entrance, which is the site immediately distal to
the mild stenosis in subject 3 (Fig. 74). On the basis of the fact that high mass flux
leads high concentration of LDL in the intima and media, it could be predicted that
maximum mass flux regions should have the most possibility of the enlargement of
plaque formations and growth into the downstream direction.
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CHAPTER VI
IMPLEMENTATION OF POROELASTICITY OF BLOOD
VESSEL WALL TO CALCULATE THE PORE FLUID
FILTRATION
6.1 Evaluate poroelasticity for 2D simple carotid artery case
and compare with previous research results
6.1.1 Introduction
In the arterial wall, interstitial flow of plasma transports LDL particles. Plasma flow
is determined by the pressure gradient between the luminal surface and the interface
of the media-adventitia and the resistance of the matrix structure forming a porous
medium in the artery wall, which is represented by the structural permeability. In
experimental studies, arterial tissue is typically pressurized with constant intraluminal
pressure for a period of time, and the interstitial flow is measured when steady state is
reached. For this reason, the calculation of filtration flow in many studies is simplified
as a model with constant permeability without consideration of arterial deformation
by the pressure alteration in a cardiac cycle. Therefore, the direction of the filtration
flow is always from the lumen to the arterial wall in steady state with same magnitude
across the vessel wall.
However, the interstitial flow responds dynamically with pressure changes in ar-
terial wall, and this flow variation was illustrated in investigations by Avinash et al.
[4] and Koshiba et al. [49]. It is found that filtration flow near the luminal surface
exhibits variations in magnitude and direction of velocity. Although the directional
change is not seen in steady state, the direction of filtration flow changes suddenly
from the arterial wall to lumen in a cardiac cycle when the mechanical stress of the
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structure is coupled with transmural pore pressure of interstitial flow using porohy-
perelasiticity.
To implement the dynamic response of filtration flow in the carotid artery an
idealized 2D cross section of a human common carotid artery was constructed, and
computations were performed using a poroelastic model to capture filtration flow
patterns in the luminal surface and in the arterial wall imposing a generic intraluminal
pressure curve.
6.1.2 Background and methods
Blood vessels can be treated as porous media fully saturated with plasma because the
arterial structure consists of a fiber matrix, i.e, elastin, proteoglycan and collagen.
The fluid in the pore interacts with arterial matrix stress and strain through the fluid
pore pressure in response to matrix deformation caused by external forces. In general,
the hydro mechanical coupling between filtration flow and matrix deformation can be
formulated according to poroelasticity theory [4, 49, 78].
The force equilibrium is a fundamental equation to describe the physics, and
includes the fluid pressure impact the structure through an effective stress concept;
must




−∇ · σtotal = F − α∇ · P
where, σtotal is total stress and F is external force. Total stress consists of the effective
stress, σ′, of the matrix structure and the pore pressure, P. The parameter, α, is a
Biot-Willis coefficient which can be interpreted physically as the ratio of increment
of fluid content added to storage divided by the change in bulk volume under the
constraint that pore pressure remains constant. The constant pore pressure condi-
tion means that the volume of fluid that goes into or out of storage is equal to the
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change in pore volume only. In the artery, both the solid component of the matrix
structure and the plasma fluid in the pore are treated as incompressible, thus the
Biot-Willis coefficient must be one. In Eqn. (17) there is no dynamic term to account
for a transient structural case. However, this equation can be utilized in transient
simulation. In general, the time scale of the structural response is much faster than
the time scale of flow by several orders of magnitude. When the filtration flow is
calculated in an arterial structure, it can be assumed that the solid component of the
vessel reaches the equilibrium state immediately in the response to the flow condition
at each time step.
The filtration flow caused by geomechanical deformation is described by Darcy’s
law in which the flow rate is determined from the pressure gradient multiplied by the




∇(P + ρplasmagz) (18)
where, qporo is the flow rate in the porous media, KD is the permeability of the
solid matrix, and µplasma is the dynamic viscosity of the pore fluid. The effect of
gravitational force on the filtration flow in matrix structure is negligible. Inserting the
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where, M is the Biot modulus, Ks and Kf are the bulk modulus of the solid and the
pore fluid, respectively. In the artery, both solid and fluid are incompressible, so Biot
modulus becomes infinite. The pore flow in the blood vessel can be implemented by
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the balance between Darcy’s law and the rate of change of volumetric strain due to
solid deformation in Eqn. (19).
The matrix structure consisting of collagen, elastin and proteoglycan (PG) is de-
formed by external force, and this deformation hinders the pore fluid flow in the
porous media. This is observed by the hydraulic conductivity variation with or with-
out the existence of intima in experimental studies. The hydraulic conductivity of
vessel wall responds nonlinearly with the increase of applied external pressure in the
intact artery; but when the intima was denuded, only the media remains, and the
overall filtration flow increases linearly as intraluminal pressure becomes higher. The
ratio of the filtration flow and the pressure change can be interpreted as the perme-
ability of the porous media. Hence, the media permeability is relatively unchanged
with intraluminal pressure; however, compared to the media, the permeability of the
intima changes with blood pressure because the compaction of the intima reduces the
volumetric space of the pore fluid and the decrease of pore space acts as the hindrance
to interstitial flow [42, 78]. To implement the compaction of intima, the permeability
function depending on the volumetric strain of arterial structure is employed based
on the form suggested by Homes et al. [39] in which the Darcian permeability (KD)
is a function of volumetric strain and the initial porosity of matrix.
KD = K0(





where, K0 is a Darcian permeability at zero strain state and φ0 is the initial porosity.
m is a parameter that comes from the observation that the permeability is an expo-
nential function of the compressive strain and is set as 4. This function makes the
permeability change dramatically with the small volumetric ratio. Due to the lack of
experimental information about K0 in the human carotid artery and the variation of
this parameter depending on the species and the part of the circulation, the measured
hydraulic conductivity (2.0×10−14cm2) of the human aortic wall at 77.5mmHg [101]
is assigned as the media permeability, and from this value the nonlinear permeability
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of the intima is calculated with the change of volumetric ratio.
6.1.3 2D common carotid artery
Making use of symmetry, the quarter segment of a 2D duct is scaled to dimensions of
human common carotid artery in which the inner radius set up as 3mm and the outer
radius as 3.6mm, as shown in Fig. 78. Thus, the vessel wall thickness is 0.6mm, a
value in the typical range for human carotid arteries. Vessel structure is separated
into two parts in which the intima is assigned near the inner wall and the remain-
ing arterial wall is treated as the media. The media comprises most space of the
blood vessel, so it is natural that the media domain supports the external loading.
Hence, the mechanical response of the arterial wall is determined by the media struc-
ture. In contrast, the mechanical response of intima is negligible even though it is a
critical structure to lead the filtration flow pattern change with the volumetric defor-
mation due to being a more flexible structure than the media. The vessel structure is
treated as a homogenized isotropic elastic tube with 0.3MPa Young’s modulus and
1366kg/m3 density. The pore fluid is incompressible with 1000kg/m3 density and
7.2× 10−4Pa·s viscosity [25]. A typical pressure curve for a commmon carotid artery
(Fig. 18) is applied on the inner wall surface of the idealized human carotid artery
model as the external force and this pressure also is applied to the pore fluid pressure,
on the surface, and on the outer wall surface zero pressure is applied as a boundary
condition to the structure and pore fluid to cause the filtration flow to move freely.
The governing equations of hydro-mechanical coupling were implemented by a
commercial FEM program, Comsol Multiphysics 4.1. Using Darcy’s module and
the solid mechanics module the coupling model was set up manually. Mechanics-
fluid coupling was done by including the pressure gradient as the initial stress in the
general solid mechanics module (Eqn. (17)). The volume ratio from stress and strain
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Figure 78: 2D Carotid Artery and Mesh
calculation was assigned to Darcy’s module as a source term to implement the fluid-
mechanical coupling (Eqn. (19)). For poroelastic multiphysics simulation, a direct
method was utilized with 0.001 time step size.
In the direct method, it is critical to assign the proper boundary and initial con-
ditions because the combination of these conditions at the beginning of calculation
makes it available as the calculation progresses without extra nonlinear iterations to
the next time point, thus saving computational time and giving the stability. For this
reason, the pore pressure and structure had no value at the starting point and the
intraluminal pressure was also applied with zero pressure and increased to diastole
pressure in the first cardiac cycle. After a smooth pressure increase from zero to
diastolic pressure in the first cardiac cycle, the pressure alternated from diastole to
systole pressure in the remaining cardiac cycles. Due to the zero stress and strain
state in the matrix structure and pore fluid at the beginning of the simulation, it is
found that unrealistic flow patterns are observed at the initial state. Thus, the time
span of calculation was extended from 0 to 45s to examine the filtration flow pattern
change with time. In Fig. 79, the filtration flow which is measured at luminal surface
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reaches unrealistically high values at the beginning of calculation and decreases grad-
ually. Finally, however, it reaches a state in which the filtration flow shows a regular
pattern with the blood pressure curve.
Figure 79: Stabilization of pore fluid flow
6.2 Results and Discussion
In Fig. 80 (a), the deformation of the arterial wall by blood pressure is presented
by the curve of the displacement of the inner wall; and this result confirms that
the pressure leads the proper deformation of the arterial wall by the fact that the
maximum displacement (0.6mm) of the inner wall between minimum and maximum
pressure state is in the range of normal human carotid artery’s radius change.
In Fig. 79, after 15s in time span of simulation, the filtration flow shows negative
values in x and y components; and subsequently negative values develop further and
reach a regular pattern with the pressure curve. A more detailed diagram is shown
in Fig. 80 (b). The x and y components of pore fluid change from plus to minus
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in a cardiac cycle. In the calculation if the direction of velocity of pore flow is from
the lumen to arterial wall, the x and y components of velocity show positive values,
however, in the opposite direction, x and y components becomes negative (Fig. 80
(d)). This can be explained by pressure distribution in arterial wall because, in the
poroelastic method, the filtration flow is obtained by the pressure gradient and the
permebility of matrix structure, therefore, the flow pattern from vessel wall to the
lumen means that the luminal surface pressure is less than that in the wall at any
time in a cardiac cycle. This is confirmed by the pressure pattern in Fig. 80 (c) in
which maximum pressure is presented below the luminal surface and this pressure
gradient leads reverse velocity vector (Fig. 80 (d)). This pressure distribution can be
seen only in transient case in conjunction with arterial deformation. Without arterial
deformation, even with transient simulation, reverse flow in the pore is not observed.
In the steady state situation, the measurement of filtration flow shows the velocity
is almost the same across the wall. However, in the transient model, most variation
in the direction and magnitude is found at luminal surface and a very thin layer of
vessel wall. Going further into the arterial wall, pore flow velocity decreases suddenly
because the low permeability of arterial matrix structure hinders the flow movement.
This suggests the possibility that biochemical particles, such as LDL, stay longer in
a very thin layer with loosing the filtration flow convective force rapidly going deeper
into the vessel wall. Therefore, it can support the fact that LDL particles have more
chance to interact with macrophages in the intima and transform to oxdized LDL
(ox-LDL) by the combination with ROS.
The separation of intima and media in-vivo is difficult due to the lack of image
quality of BBMRI. However, it is still necessary to include the structural compaction
of the intima by external pressure. For this reason, based on the above physical char-
acteristics of pore fluid flow in the matrix structure of the carotid artery, non linear
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(a) Displacement (b) Pore filtration flow at the surface
(c) Pressure (d) Reverse Pore filtration flow
Figure 80: Nonlinear permeability applied to only the intima. (a) Displacement of the
vessel wall in a cardiac cycle. (b) Pore flow pattern at the surface of vessel wall. (c)
Pore pressure distribution at maximum reverse pore flow. (d) Pore fluid distribution
at maximum reverse pore flow
permeability of the matrix structure is assigned to the entire structure and the filtra-
tion flow change is examined through a comparison with non linear permeability only
for the intima case. Any differences cannot be detected in the mechanical structure
response to intraluminal pressure through the comparison of the displacement (Fig.
80 (a) and Fig. 81 (a)). A similar mechanical response could be expected in both
cases because the contribution of pore fluid flow to the overall mechanical response is
negligible. At the surface, filtration flow patterns show the same trend in non linear
permeability only in the intima case, even though there is a very slight magnitude
138
decrease in filtration flow. The reduction of velocity comes from the increase of hin-
drance to pore fluid flow in the media. Except this, the transmural fluid filtration
pattern is similar to previous case. As a result, this suggests that in a 3D subject
geometry the entire structure can be treated as having nonlinear Darcy’s permeabil-
ity to include the effect of compaction in intima structure without the separation of
intima and media.
(a) Displacement (b) Pore filtration flow at the surface
(c) Pressure (d) Reverse Pore filtration flow
Figure 81: Nonlinear permeability applied to the intima and media. (a) Displacement
of the vessel wall in a cardiac cycle. (b) Pore flow pattern at the surface of vessel
wall. (c) Pore pressure distribution at maximum reverse pore flow. (d) Pore fluid




LDL is transported with blood flow in the intraluminal domain and with plasma flow
in the arterial wall, and this transport is dominated by convection than diffusion. Fur-
ther, hemodynamic WSS interacts with the artery wall to elicit a cascade of biological
mechanism that leads to enhanced LDL ingress via the formation of leaky junctions
that open gaps of sufficient size to allow LDL entry. Thus, there are intimate and
complex relationships between hemodynamics, LDL transport and atherosclerosis.
While much is understood about these processes, they are of sufficient complexity
that comprehensive computational models that incorporate all relevant mechanisms
are currently infeasible. In this study, we investigate a series of computational mod-
els of increasing complexity that, while remaining incomplete, elucidate interactions
between biomechanical variables and atherogenic mechanisms using imaging data ob-
tained in-vivo from the carotid arteries of three human subjects with varying degrees
of atherosclerosis.
To compute the patterns of blood flow in the individual carotid arteries, fluid
structure interaction (FSI) method is utilized based on the in-vivo arterial geome-
try constructed by black blood MRI (BBMRI) and on flow rate boundary conditions
which are obtained from phase contrast images (PC). This approach highlights dif-
ferences in the flow field between distensible wall and rigid wall assumptions. Wall
shear stress (WSS), which has been recognized as a mechanical factor affecting en-
dothelial function and dysfunction, is computed on the luminal surface from FSI
calculation and further processed to extract time averaged WSS (TAWSS). This vari-
able is hypothesized to be meaningful to the relationship between mechanical forces
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and physiological responses of endothelium, because the characteristic time of cell re-
sponse is much longer than the cardiac period. This hypothesis is plausible since the
formation of leaky junctions is related to the rate increase of cell death (apoptosis)
and proliferation (mitosis), each of which has a long characteristic time by comparison
to the cardiac period. We incorporate the concept of ”the fraction of leaky junction”,
established by Olgac et al. [65] and use this to represent the role of leaky junctions
and their contribution to LDL entry into the intima. The fraction of leaky junction
is obtained from TAWSS based on reported relationships and mass transport param-
eters, i.e., hydraulic conductivity, and permeability are determined with this value
using pore theory.
Our research, which focuses on the idea that LDL concentration in the arterial
wall is a marker for development and progression of atherosclerosis, supports the im-
portance of geometrical features in individual subjects. In subject 1 with no dominant
stenosis or significant curvature, flow patterns are relatively simple compared to other
subjects, and the endothelial surfaces for the most part experience physiological wall
shear stress; thus high LDL mass flux into the artery is limited to very small regions.
However, in subject 2 which shows severe curvature in the carotid bulb, low wall shear
stress is dominant around the bifurcation junction of the CCA and ICA/ECA due to
complex flow pattern which arise due to the geometry. Hence, high mass flux regions
are evident in these regions, including the carotid sinus. In subject 3, strong curvature
in the CCA leads to asymmetrical flow patterns entering the region of interest, and
this leads to helical flow patterns in the ICA and ECA partially due to the stenoses
in both entrances; thus, large of areas experience low WSS and accordingly high mass
flux is present in these same areas including the CCA. This subject demonstrated the
greatest development of wall thickness among our subjects.
Maximum mass flux is demonstrated downstream of the stenosis, a region that
experiences low WSS in general, and this is consistent with clinical observations of
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plaque progression into downstream of the stenosis. The fact that the majority of
LDL enters into the intima through leaky junctions is also confirmed by the similarity
in distribution between the pattern of the volume flux via leaky junctions and mass
flux. It reawakens the role of endothelium to mass transport of macromolecules in
the circulation. At the same time, it suggests the possible approach to reduce the
formation and progression of the plaque by inhibiting the incidence of apoptosis and
mitosis. The quantitative change with wall thickness in the volume flux via normal
junctions demonstrates the importance of consideration of wall thickness to obtain
total filtration flow distribution and confirms the observation that normal junction is
a dominant passageway for plasma fluid.
There are still several limitations in our research. To extract the faction of leaky
junction in order to relate leaky junctions to LDL mass transport, only WSS is con-
sidered in the mathematical model. However, the endothelium experiences both WSS
and cyclic mechanical strain (CS) in the circulation, and both have been shown to
leads to the physiological response from endothelial cells (EC). This idea is supported
biologically by the research done by Qiu et al. [69] in which they investigated the
combined effects of WSS and CS on ECs. They defined the concept of SPA (stress
phase angle), the phase angle between WSS and CS, and they applied different SPAs
to cultures ECs and observed that the expression of vasodilators (PGI2, NO) and
a vasoconstrictor (ET-1) in ECs are influenced differently by different SPA values.
The combined effect of these mechanical factors to ECs is also demonstrated by the
response of actin stress fiber under different combinations of WSS and CS. Owatverot
et al. [66] found a reinforcing mode, where cyclic stress and oscillatory WSS were
additive, and also a counteracting mode, where both pairs of stimuli canceled out
each other’s effects. This suggests that both mechanical forces influence biological
responses of ECs. Therefore, in future studies, biological experiments about the for-
mation of leaky junction under various mechanical environments are essential and
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the model for the fraction of leaky junction may need to be modified based on these
experimental data to reflect the influence of both mechanical factors.
Another consideration is that the arterial structure responds dynamically to the
pulsatility of blood flow by deformation of the intima and media. This dynamic
structural deformation leads to change in Darcy′s permeability, which is a critical
factor to plasma flow in the porous media. This structural change in an artery was
demonstrated by Mahsa et al. [26]. In that study, it was found that the filtration
flow was sensitive to arterial wall change with different luminal pressures and, accord-
ingly, induced concentration changes in the arterial wall. In addition to this result, as
discussed in Chapter 6, the filtration flow varies dramatically with the arterial wall
response to pulsatility in a cardiac cycle. LDL concentration change as the result
of filtration variations in a cardiac period is demonstrated more detailed in the re-
search by Koshiba et al. [49]. In that study, using porohyperelasticity, higher LDL
concentration near the wall side of the endothelium, which was not illustrated by the
approach of Olagac et al. [65], is observed even without the multi-layered model for
the arterial wall. However, they excluded the role of leaky junctions in LDL entry
and simplified the role of the endothelium based on an idealized curved geometry.
Therefore, it may be desirable to consider both the leaky junctions and poroelasticity
simultaneously to gain LDL mass flux and a full description of LDL distribution in
the arterial wall in future simulations aimed at further elucidation of the LDL role in
the initiation and progression of atherotic plaque.
Finally, we emphasize that this investigation is essentially a computational study.
It indeed utilized considerable biological findings from the literature in developing
the computational models; but other than the in-vivo images of human subjects that
provided geometry, wall thickness and velocity boundary conditions, we did not collect
direct biological data, such as LDL concentrations in these subjects. Nonetheless,
the work demonstrates the potential of computational models to explore connections
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between biomechanics and vascular pathophysiology in human subjects.
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APPENDIX A
CALCULATION OF THE CENTERLINE
The definition of centerline is more or less intuitive, thus many conceptual approaches
have been suggested for the calculation of centerline based on 2D medical images or
3D geometry. Surface geometries of all subjects were imported to VMTK program
developed by Lucas et al. [1]. This program has a function to compute the centerline
based on a 3D surface model. The centerline calculation in VMTK starts from the
polygonal surface representing the artery surface. A tetrahedrization of the vertices
of these polygonal surfaces was performed by delaunay tessellation and delaunay
tetrahedra were utilized to get voronoi spheres. From voronoi spheres, voronoi vertex
connectivity was constructed by connecting two circumcenters of voronoi spheres.
This polygonal connectivity is called an embedded voronoi diagram. In Fig. 82, the
radius of each voronoi sphere is visualized by the color. The approaching red means
the radius is small and the other way the radius is large. The left diagram represents
the geometry and the right diagram shows the radius of voronoi diagram. Finally, the
centerline of each carotid artery constructed from voronoi diagram implementation.
To apply the inner circumferential shrinkage ratio to reduce the inner wall of the
artery the radius of the inner wall was calculated based on the distance from centerline
points and each point on the inner wall. To get the shortest distance between the
centerline of the artery and points, called the radius of each point, the closest point
needs to be found from each centerline point through the comparison among every
distance from one centerline point to all points on the inner wall. The shrinkage
process with the centerline consideration prevents arterial distortion between the
inner wall and outer wall because based on the centerline each radius of points on
145
(a) Innerwall of Patient 1 (b) Voronoi Diagram in Patient 1
(c) Innerwall of Patient 2 (d) Voronoi Diagram in Patient 2
(e) Innerwall of Patient 3 (f) Voronoi Diagram in Patient 3
Figure 82: Subject geometry and Voronoi diagram to calculate the centerline
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(a) No centerline correction between innerwall and outerwall
(b) With centerline correction between inner wall and outer wall
Figure 83: Comparison between with and without centerline correction to maintain
the relative distance between inner wall and outer wall in subject 1
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inner wall was reduced uniformly by inner circumferential ratio. This method was
also applied to outer wall expansion after the outer circumferential ratio was decided
by mass conservation. The distance to outer wall points from the centerline was
calculated by finding the point which had a shortest distance. After then each radius
was lengthened uniformly by outer circumferential ratio. This also helps to keep the
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